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Abstract
Our increased understanding of the molecular biology of disease has had a significant impact
on healthcare. Genetics has allowed the identification of hereditary diseases and predisposi-
tion for others, such as cancer. However, for many diseases is it also necessary to monitor the
expression of panels of proteins. The need to monitor protein expression presents a significant
technological challenge requiring a highly multiplexed analytical technology with a sensitivity
down to femtomolar-range.
Low-cost photonic devices are highly sensitive to changes in their local environment and can
be chemically modified to exhibit high specificity detection towards, for instance, proteins
or DNA oligonucleotides. However, even if small-footprint photonic biosensors can be engi-
neered in silicon microarrays, approaches to realise the very high-density, multiplexed sensing
potential of photonic biosensors have yet to be demonstrated. This study aims to develop and
demonstrate, for the first time, a dual-mode electro-photonic technology capable of highly
multiplexed detection at the submicron scale and multiparameter profiling of biomolecules
on the silicon photonics platform. Furthermore, the technology integrates electrochemical
and photonic measurements in a single sensor platform. By combining the complementary
information revealed by each of the domains it is possible to broaden the range of systems
that are accessible for silicon photonics.
Our dual-mode technology consists of microring resonators optimally n-doped (doping density
of 7.5 x 1016 cm−3) to support high-Q resonances (Q-factor ≈ 50, 000) alongside electrochem-
ical processes in situ. This combination of sensing mechanisms enables the application of
electrochemical methods for site-controlled immobilisation of receptor molecules. Further-
more, electrochemical characterisation of molecules bound to the sensor surface also provides
direct quantification of binding density and unique insight into chemical reactivity, which is
unavailable with photonic detection alone. This unique technology, based on the combination
of electrochemical and photonic sensing on a silicon platform, not only enables detection of
multiple biological molecules required for future clinical diagnostics, but also has the potential
to impact on fundamental biochemical research.
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Chapter 1
Introduction
In this chapter I introduce the study carried out in this thesis. It explains the motivation
that originated this work, followed by a description of the objectives and the outline of this
manuscript.
17
Introduction 18
1.1 The need for biosensors
A single droplet of blood, which may have a diameter of 2 mm (i.e. a volume of 4 microliters),
contains approximately 20 million cells, 20 thousand of which contain the genetic code for
the creation of the 30 thousand proteins of the human genome [2]. A large number of these
proteins will be present in the droplet, inside the blood cells and on their membrane, but
also suspended in the fluid. A number of these proteins, known as biomarkers, have been
identified as useful indicators of disease. Many patient decisions today rely on our ability
to detect such biomarkers, or more accurately to quantitatively measure of the absolute
biomarker concentration. The key component in biomarker detection is the biosensor, which
translates the recognition of biomarkers into a quantifiable signal that can be fed back to the
clinician to provide a better insight into a patient’s disease and inform appropriate treatment
options.
Despite considerable progress in understanding the genetic basis of disease, genetic informa-
tion alone is insufficient to fully understand or diagnose disease. The genetic code contains
information about protein synthesis however in some cases abnormalities occur during or af-
ter protein translation. The study of this dynamic protein behaviour is commonly referred to
as proteomics [3] and is often more complex than genomics (the study of genome). Firstly, a
technique to study proteomics should be highly multiplexed, which means that a large num-
ber of molecular interactions must be monitored simultaneously, as frequently, a disease alters
the expression of multiple proteins. Secondly, the technique should be capable of detecting
proteins over a wide range of concentrations down to femtomolar concentrations, while the
sample contains high levels of salt and molecules at concentrations up to several hundreds of
micromolars. Thirdly, different proteins have very different properties, further complicating
the analysis. Additional requirements for the underpinning technology are high throughput,
such that a large number of samples can be analysed in a short time frame, quantitative
measurements, simple sample preparation and low-cost.
Many different types of sensor exist, most of them optimised for one particular role, and with
different transduction mechanisims (i.e. sensing modes). Some of the most common trans-
duction mechanisms rely on a change in electrical, optical, chemical, acoustic and mechanical,
or thermal properties. In some cases there can even be combinations of these different mecha-
nisms. Many sensors in the past have relied on electrical transduction mechanisms benefiting
from the technological developments of the electronics manufacturing industry, and the corre-
spondingly cheap components and fabrication techniques available. More recently, advances
in optics and photonics technology have led the introduction of sensors based on optical
transduction. Indeed, sensors based on optical transduction mechanisms offer a high degree
of multiplexing and throughput, and have been proven to provide accurate, fast and reliable
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analysis (see chapter 2). In contrast to their electrical counterparts, they offer certain advan-
tages: they are immune to electromagnetic interferences, they can be designed so that they
have well defined spectral features that can be engineered in a device as a point of reference,
and also many media have unique optical absorption and scattering spectra that can act as a
‘fingerprint to help identify them. Furthermore, they can be designed in a way that physical
contact between different parts of the sensor is not needed, opening the prospect of further in-
tegration of filters, electronics, sources and detectors. Such capabilities underpin the potential
for portable instruments, capable of high-end point-of-care diagnostics. However, approaches
to realise the very high-density, multiplexed sensing potential of optical sensors have yet to be
demonstrated. Here we show an innovative sensor technology that integrates electrical with
optical technology and that is capable of combining the two sensing modes in multiplexed
format, not only providing deeper insight into the undergoing molecular and (bio)molecular
processes, but also allowing the fabrication of very high-density photonic sensor arrays.
1.2 Dual-mode silicon electro-photonic biosensors
Biophysical tools that combine multiple transduction mechanisms are becoming increasingly
popular within the scientific community, as they can simultaneously probe different properties
of the (bio)molecules under study and broaden the range of systems that are accessible for
analysis. For instance, technology that combines acoustic and electrochemical sensing (section
2.4.2) provide real-time information on the mass, viscoelastic and electrochemical properties
of the (bio)molecules under study. Similarly, combinations of optical and electrochemical
sensing provide insight into both the structure and electrochemical properties of electroactive
molecules, beyond what is possible with optical detection only.
The development of nanofabrication technology in the past decades has allowed the fabri-
cation of tailored structures on the nanometer scale, some of which has been employed in
the fabrication of biosensors. Specifically, photonic nanostructures constructed on a similar
scale as the wavelength of light (nanometer scale), and in a material with a high refractive
index such as silicon (nsilicon ≈ 3.44), can provide a very attractive platform for sensors. In
this platform, commonly known as silicon photonics, customised nanostructures with submi-
crometer dimensions are extremely sensitive to variations in their environment. For example,
resonant structures can be fabricated which show sharp resonance peaks in the transmission
spectrum [4, 5]. The position of these peaks will shift in wavelength due to local changes
to the environment. For instance, these waveguides can be coated with immobilised recep-
tor molecules that bind their complementary molecules (e.g. biomarkers) onto the surface
when a given fluid (such as serum or blood) is delivered to this surface. This binding event
will change the effective refractive index on the waveguide surface (due to the overlap of
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the evanescent wave that penetrates into the supporting solution) transferring this change
to the waveguide’s optical mode. In this way, the silicon nanostructure acts as a transducer,
converting a binding interaction into an optical signal.
Incorporating the modality of electrochemical interrogation into the silicon photonics platform
would provide additional functionality that until now been inaccessible to silicon photonics.
For example, this integration would enable electrochemical reactions to be controlled and
monitored on the silicon surface. This not only provides insight into electrochemical processes
but can also be exploited for chemical modification of the photonic sensors. In this manner,
this capability can be exploited to direct the immobilisation of different receptor molecules
onto individual sensors within a silicon photonic array, underpinning the fabrication of very
high-density photonic sensor arrays. Employing the surface modification process reported
in this work, we believe a resolution of 15 nm can be achieved [6]. No other technique for
introducing probe molecules locally onto a silicon photonic surface meets simultaneously the
requirements of resolution, speed, and the ability to coat different sensors with a specific
binding molecule.
Amongst different photonic resonant structures, biosensors based on microring resonators
have seen much success in both research and commercial applications due to the fact that they
are tolerant to fabrication deviations and exhibit very sharp resonances (i.e. high resonance
quality factors) (section 2.3.2.4). In general, ring resonators consist of ring-waveguide and
a coupling mechanism to access the ring loop. When the ring waveguide accommodates an
integer number of the wavelength, coupling to the ring becomes very strong and a sharp dip
in transmission occurs. When the ring cavity is coated with immobilised receptor molecules,
subsequent binding of the complementary biomolecules causes a small refractive index change
that shifts the resonance wavelength. In this work, our electro-photonic technology consists
of high quality factor (Q-factor ≈ 50,000), optical ring resonators fabricated on silicon-on-
insulator wafers, which have been optimally n-doped (doping density of 7.5x1016cm−3) to
support electrochemical processes (figure 1.1). The sensitivity of the device, measured to be
65.1 nm/RIU, leads to a Limit Of Detection (LOD) of 1.15x10−5 RIU, comparable to ring
resonator sensors fabricated in industrial foundries and published in the literature.
1.3 Goals of this thesis
Given the potential advantages of combining two different sensing modes, this thesis describes
the realisation of a dual-mode electro-photonic biosensor on a silicon photonics platform. In
addition, the thesis aims to highlight the benefits of this approach over other similar bi-
domain techniques by demonstrating its capabilities for solving real molecular and biological
problems. The interdisciplinary nature of this work means that much effort was taken to
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Figure 1.1: Silicon electro-photonic ring resonator. The silicon layer has been optimally
n-doped to support electrochemical processes (chapter 4).
collaborate with experts from across the sciences and other potential end-users of the devices
fabricated on this platform. A number of fundamental challenges were addressed in the
realisation of this dual-mode biosensor:
Incorporation of electrochemical interrogation into the silicon photonics platform
Since the requirements for electrical sensing are different to those for optical sens-
ing, approaches for efficiently adding electrochemical control to a photonic sensor were
investigated. A suitable approach which does not limit the performance of the photonic
sensor and that is compatible with standard CMOS fabrication processes is therefore
desired.
Ability to functionalise with a wide range of chemical moieties
In order to specifically detect a biomarker of interest, suitable receptors have to be
identified which can be chemically attached to the silicon sensor surface. Due to the
wide spectrum of biomolecules of interest for this research, compatibility with a range
of different chemical families is therefore required.
Integration of a microfluidics platform
Microfluidic channels are required to ensure the delivery of samples to the sensor surface,
minimise sample volumes and prevent evaporation. An approach for incorporating
microfluidics into the final device is needed.
Specific detection of biomolecules
A final device must be able to detect the target biomolecules in real-time with high sensi-
tivity. In addition, specificity is required, as in real applications, the target biomolecules
will not be isolated in the sample.
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Small footprint
Ideally, if a highly multiplexed sensor is to be fabricated for point-of-care use, the
sensors should have small dimensions to allow further integration with devices such as
sources and detectors to provide a fully working device.
Provide insight into biological problems of interest
Another goal is to demonstrate that our platform provides a novel method for exploring
complex biological scenarios and further insight than has been hitherto possible.
1.4 Outline of the thesis
This thesis is structured into seven chapters. A brief synopsis of these chapters is as follows:
Chapter 1 Introduction
In this chapter the thesis is introduced, highlighting its motivation, goals and the outline
of this manuscript.
Chapter 2 Fundamentals of Label-free Biosensing
This chapter discusses the fundamental concepts related to label-free biosensors and
the physics behind the underpinning optical sensing mechanism. Alternative dual-mode
techniques are also introduced together with details about their operational principle.
Chapter 3 Fabrication and experimental techniques
The fundamentals of the nanofabrication and experimental techniques employed through-
out this thesis are presented in this section.
Chapter 4 The electro-photonic silicon biosensor
Our dual-mode sensor is presented. An in-depth characterisation of its properties is
given alongside a proof-of-concept experiment. The device is compared to similar bi-
domain sensing techniques.
Chapter 5 Study and application of electrografted layers of diazonium ions
The inclusion of electrochemical interrogation is introduced and used to exploit elec-
trochemical processes, which are ultimately employed to selectively modify the silicon
surface and to regulate the local surface chemistry.
Chapter 6 Tailoring light-matter interaction for quantification of biological and
molecular layers
A further capability of our platform presented is discussed, which provides further,
quantitative information regarding the structure (refractive index and thickness) of
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surface immobilised molecular layers. This is demonstrated for the monitoring of con-
formational changes of bound molecules.
Chapter 7 Conclusions and outlook
This last section collects all of the conclusions of this work and discusses future prospects
of the technique.

Chapter 2
Fundamentals of Label-free
Biosensing
This section of the thesis introduces the fundamental concepts related to label-free biosens-
ing and the theoretical concepts related to the resonant photonics employed in this thesis.
Starting with an introduction to conventional approaches of molecular detection and med-
ical diagnostics, a range of single-mode label-free biosensing techniques are then presented.
The theoretical frameworks that underpin photonic waveguide-based detection strategies are
discussed, which then serves to understand and explain the sensing principle of the devices
discussed in later chapters. This is followed by an introduction to the most widespread dual-
mode sensing principles, namely electrochemical detection combined with optical or acoustic
sensing. A presentation of dual-mode electro-photonic silicon biosensing is then given be-
fore concluding the chapter with an introduction to functionalisation techniques using self-
assembled monolayers.
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2.1 Motivation
Biosensors that are able to detect disease specific molecular biomarkers play a crucial role
across healthcare, from initial diagnosis to optimising and monitoring treatment. Such biosen-
sors need to be able to quantify biological molecules specifically and selectively and with high
temporal resolution to accurately monitor their evolution. This combination of requirements
can be extremely challenging as a large number of different molecules are present in a clinical
sample while only a single one, or a small group of molecules being markers of a specific
disease. In addition, it is envisaged that with the introduction of personalised medicine,
biomarker profiles rather than individual biomarkers will be required. A highly sensitive,
selective and multiplexed biosensing platform is therefore needed to meet all of these require-
ments [7].
Moreover, many biochemical analytes, including DNA, RNA, proteins, viral capsides, and
small molecules are sometimes present at concentration orders of fg/ml to pg/ml together
with other molecules. Biosensor technologies must therefore be highly sensitive.
Detecting biological analytes directly and specifically according to physical properties (such
as physical size, mass or charge) is extremely challenging. Most biochemical assays thus ex-
ploit the high affinity of a ‘receptor molecule’ towards a specific biomarker. For example, in
the case of protein detection, this receptor molecule is typically an antibody raised against
the specific protein antigen while a complementary single stranded DNA is used for specific
DNA detection. Following binding to the target molecule, the receptor molecule can be func-
tionalised with a ‘label’ that is easy to measure and quantify, for example an enzyme that
produces a colorimetric response as in the well established Enzyme-Linked ImmunoSorbent
Assay (ELISA) [8] technology which enables the detection and quantification of specific anti-
gens in a sample (figure 2.1). Particularly, detection at subfemtomolar concentrations has
been reported using this assay [9].
1
wash
2
wash
3 
wash
4
wash
5
Figure 2.1: Followed steps to perform an indirect ELISA assay.
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The first step in an ELISA assay (figure 2.1, 1) is the immobilisation of antibodies at the
surface of a well (typically these kind of assays are performed in microwell plates or reaction
tubes). The sample containing the complementary antigen is added, leading to the forma-
tion of antibody-antigen complexes (figure2.1, 2). Thereafter, the surface is washed with a
detergent solution that removes material bound non-specifically to the surface. After this, a
second monoclonal antibody which binds to a different region of the target is added (figure
2.1, 3). This secondary antibody is modified to carry a reporter enzyme designed to produce
a color change when the enzyme reacts with its substrate. If the antigen is present, a com-
plex will have been formed that includes the antibody bound to the well, the antigen and
the enzyme-conjugated antibody (figure 2.1, 4). To conclude the assay, the specific enzyme
substrate is added to produce a visible signal proportional to the quantity of antigen present
in the sample (figure 2.1, 5).
Even though labels have been essential for implementing nearly all biochemical and cell based
assays, this technique presents several practical drawbacks. Firstly, labelling assays only pro-
vide endpoint read out, and do not allow continuous monitoring. It is thus not possible to
provide information on the binding kinetics. Secondly, the multiple washing stages required
between each step of the assay often complicates the required sample preparations, reducing
the effective throughput and increasing the cost. And finally, the need to identify and pro-
duce two different antibodies that recognise different regions of the same target significantly
increases the complexity of establishing a reliable assay.
Due to the above considerations, there has been a drive to develop label-free biosensors that
reduce assay cost and complexity while providing quantitative information with high through-
put. Label-free methods allow to continuously monitor the affinity reaction, providing highly
quantitative measures of binding affinity and kinetics [10] and the variation in biomarker
concentration over time. Label-free assays are typically surface-based, where the surface of a
transducer is functionalised with a layer of receptor molecules. The assay development is also
significantly simplified, particularly for highly multiplexed arrays, since only one recognition
element is required for each analyte.
The sensor itself consists of a transducer, where the binding event causes a change in a
physical property of the sensor which is subsequently measured (figure 2.2).
2.2 State-of-the-art label-free technologies
Here I provide a brief overview of some of the most prominent transduction technologies for
label-free biosensing applications, while highly relevant publications are also deeply discussed
in specific contexts within each chapter of this thesis.
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Figure 2.2: Example of a label-free sensor transducer. Antibodies (red) and antigen (blue)
are immobilised on the surface of the sensor.
Currently the most widespread and well-known example of label-free biosensor technology
is surface plasmon resonance (SPR) [11], which directly measures the local refractive index
change induced by biomolecular interactions at a gold surface using surface plasmon waves.
Surface plasmons are charge density oscillations that can be excited optically. A number
of commercial technologies based on this technique has already been developed by industrial
companies such as Biacore (a division of GE Healthcare), GWC Technologies, IBIS Technolo-
gies, Toyobo, GenOptics, SensiQ and Bio-rad. The best limits of detection (typically around
0.1 pg/mm2 or ng/mL for protein interactions [11–14]) are obtained when interrogating the
sensor with angular or wavelength spectroscopy, but then only up to ten measurements can
be performed simultaneously [15], limiting the degree of multiplexing and throughput.
With the prospect of providing a robust and practical technology that can deliver limits of
detection that rival that of SPR spectroscopy, while still allowing high degree of multiplex-
ing with small fluidic sample consumption and high throughput, multiple technologies have
emerged in the last decades.
For instance, sensors based on optical diffraction gratings can measure refractive index
changes induced by molecular interactions through a shift of the diffraction wavelength in a
fixed direction. They can be mass produced cost-effectively, and also commercial systems for
high throughput cell-based assays and drug development are offered by SRU Biosystems and
Corning. Nevertheless, simultaneous interrogation of a large number of wells of the microtiter
plate in parallel requires optical imaging that only offers end-point read-out [16], instead of
the real-time binding curves necessary for analysis of binding kinetics and affinity. Addition-
ally, no highly multiplexed quantitative proteomics at clinically relevant limits of detection
has been reported to date.
The potential advantages of integrated photonic sensors have also been exploided in the last
decades. They can be easily miniaturised and they offer high potential for chip integration,
while showing extremely high sensitivities (pM in a label-free scheme [4, 13, 17]). They also
offer a high degree of flexibility in the materials and structures selection, while allowing the
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fabrication of arrays of sensors with the same characteristics within the same chip for mul-
tiplexing analysis. In the case of using silicon photonics technology, they provide additional
advantages as are low power consumption and potential for mass production with subsequent
reduction of production costs.
Electrochemical label-free techniques (section 2.3.1), such as impedance biosensors and field-
effect transistor sensors based on nanowires and carbon nanotubes, are well-suited for highly
sensitive integrated systems (for instance, detection of fg/mL concentration values has been
reported [18]). However, their performance often deteriorates at physiological ionic strengths
(0.15 M), requiring desalting of the sample prior to the measurement [19].
2.3 Single-domain techniques
A number of strategies have been developed for transducing biomolecular binding between a
surface immobilised probe molecule and a target biomarker in solution, including acoustic,
electrical or optical sensing principles. Sensing systems which transduce the binding event
via a single sensing mechanism can be classified as ”single-domain” techniques. This section
reviews the most established electrical and photonic waveguide-based single-domain sensing
systems. In-depth reviews of these sensors can be found in [20, 21].
2.3.1 Electronic biosensing
A large number of mechanisms can be exploited to transduce a biochemical signal to the
electrical domain. Depending on how this transduction is done, a broad subdivision into six
classes can be suggested: amperomic/voltammetric biosensors [22], potentiometric biosen-
sors [23], conductometric biosensors [24], impedance biosensors [25] and field-effect transistor
(FET) biosensors [26].
Amperomic/voltammetric biosensors measure the change in peak redox current (either ox-
idation or reduction) of a perturbed capture molecule immobilised on an electrode surface.
Here, the capture molecule needs to be an enzyme for which the target is the corresponding
enzyme substrate. A notable example is the electrochemical detection of glucose (diabetes
biomaker) which employs the enzyme glucose oxidase. Since Clark proposed the first enzyme
glucose biosensor in 1962 [27], the field received considerable attention which has lead to fast,
sensitive (limits of detection down to 0.18 µM have been reported [28]) and reliable glucose
biosensors [29].
Potentiometric biosensors exploit ion-selective electrodes whose potential responds selectively
to the concentration of a given ion. Operated under conditions of negligible current flow, this
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electrode measures the accumulation of charge versus a reference electrode immersed in the
analyte solution. In order to apply this principle to biosensing applications, for example
the detection of proteins, one has to relate any change in the local concentration of ions at
the electrode surface to the binding of the pointed molecules. This technique is capable of
operation at extremely low detection limits (below ng/mL) as demonstrated in [30], although
in this particular case the high sensitivity is achieved at the expense of throughput (10 hours).
Conductance sensors employ a measurement of current flow (i.e. conductance) across a sup-
porting solution that bridges two electrodes. To perform a test using this approach, one needs
to link any change in the flow of charge through the substrate (e.g. a nanowire [31]) to the
binding of a target to a capture molecule immobilised on the electrode surface. For example,
a highly sensitive, conductometric label-free biosensor has been reported based on polyani-
line nanowires between gold microelectrodes pairs on silicon [32]. The immobilisation of the
immunoglobulin E aptamer onto the engineered nanowire enabled detection of immunoglobin
at concentration as low as pg/mL [32].
The most widespread technique employed by the electrochemistry community to sensitively
monitor variations on the resistivity/charging capacity of an electrochemical interface is the
well-known Electrochemical Impedance Spectroscopy (EIS). This technique employs a small
sinusoidal potential superimposed on a DC bias to an electrochemical cell whose impedance is
measured as a function of the frequency. The complex impedance, which is defined as Z(ω) =
X(ω)+iY (ω) where i equal to
√
−1, reveals information about the dielectric medium between
the electrodes. Z(ω) can be modelled as simple equivalent circuit where each component
relates to different sections of the dielectric medium as depicted in figure 3.15.
When there is a redox related charge transfer across the electrode interface during measure-
ment (Faradaic EIS), published assays employing immobilised surface antibodies are capable
of sub ng/mL detection limits for a wide range of targets in aqueous solutions [33–36]. A
simpler and potentially more suitable approach for practical applications is found with the
absence of this redox probe (non-Faradaic EIS). Employing this technique, M. Dijksma and
co-workers [18] were able to detect a biomarker for autoinflammatory and autoimmune disease
with a sensitivity of 0.02 fg/mL.
Devices based on field-effect transistors (FETs) have also attracted great attention due to
their ability to directly translate the interactions between targeted biological molecules and
the FET surface into readable electrical signals [26]. In a standard FET, current flows along
a semiconductor path (the channel) that is connected to two electrodes, (the source and the
drain). The channel conductance between the source and the drain is switched on and off by
a third (gate) electrode that is capacitively coupled through a thin dielectric layer. They can
be sufficiently sensitive to achieve protein detection down to pg/mL or even lower levels [37].
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Arrays of electrical biosensors have been demonstrated based on some of the detection strate-
gies described previously. These arrays seek to find patient ”fingerprints” through the quan-
tification of several tens of makers [38]. For example, simultaneous and real-time detection
of three cancer biomarkers has been demonstrated with the use of three antibody modified
FET devices with concentrations down to pg/mL [19]. Table 2.1 provides a summary of the
different levels of sensitivity obtained by the electrical biosensors discussed in this section.
Sensor type Analyte Sensitivity Analyte Reference
Amperomic Glucose 32.4 ng/mL PB [28, 29]
Potentiometric Vascular endothelial growth factor 17.35 pg/mL PB [30]
Conductance Immunoglobin 0.56 pg/mL PBS [32]
Non-faradaic EIS Protein Interferon gamma 0.02 fg/mL PB [18]
FET Carcinoembryonic antigen (CEA) 0.5 ng/mL PBS [37]
Table 2.1: Summary of the different levels of sensitivity obtained by the electrical biosensors
discussed in this section. PB stands for phosphate buffer solution, while PBS for phosphate
buffer saline solution. All the sensitivity values reported here were reported without any
amplification method.
In contrast to the electrical sensing platform, optical waveguide-based label-free biosensors
allow for sophisticated and compact transducers due to the high confinement of light into the
waveguide. These optical label-free biosensors evaluate changes in the propagation velocity
of electromagnetic fields due to the presence of biological particles. They translate changes
in the propagation speed of light into a quantifiable signal proportional to the amount of
biological material present on the sensor surface.
2.3.2 Photonic waveguide-based detection strategies
Sophisticated and compact label-free biosensors based on optical waveguides exploit the high
confinement of light in a waveguide to transduce a biomolecular binding event. Such optical
label-free biosensors evaluate changes in the propagation velocity of electromagnetic fields
due to the presence of biological particles and translate changes in the propagation speed of
light into a quantifiable signal proportional to the amount of biological material present on
the sensor surface.
Recently, integrated photonic components based on silicon have become some of the most
promising photonic integration platforms. This promise can be attributed to the combination
of very high index contrast and the availability of CMOS fabrication technology, which enables
the developments and facilities developed for the fabrication of microelectronics to be applied
to Photonic Integrated Circuits (PICs) [39]. In this way, it is possible to design and optimise
optical label-free biosensors exploiting the most recent progress in the PIC field.
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2.3.2.1 Electromagnetic waves
All the properties of electromagnetic waves, and their interaction with matter, are dictated
by the four Maxwell equations [40]. In these equations, light is defined as an electromagnetic
wave consisting of sinusoidally-varying electric (E) and magnetic (B) fields. Both fields have
the same frequency (ν), are in phase and oscillate perpendicularly to each other. Light then
propagates through space on a direction perpendicular to both E and B and is described by
the orientation of the ‘k-vector (k), such that E, B and k are all orthogonal for a plane wave.
The ‘wavenumber’ (|k|) can be understood as a spatial angular frequency: k = 2π
λ
, where
λ is the wavelength, and the temporal angular frequency being ω = 2πν. Therefore, the
Maxwell equations describe the propagation of light in vacuum (where there are no sources
or existing electrical charges or currents):
O ·E = 0 (2.1)
O ·B = 0 (2.2)
O×E = −∂B
∂t
(2.3)
O×B = µ0ε0
∂E
∂t
(2.4)
where t, µ0 and ε0 represent the time and the vacuum permeability and permittivity, respec-
tively. For the vacuum case, the two divergence equations (2.1 and 2.2) state that there are
no sources or sinks of E or B fields, while the two curl equations (2.3 and 2.4) indicate that
an oscillating magnetic field induces an oscillating electric field, while an oscillating electric
field induces an oscillating magnetic field. Thus, due to these inductions between fields, elec-
tromagnetic waves do not require a medium in which to propagate. Maxwells equations are
coupled first-order partial differential equations, but they can be decoupled to yield separate
second-order equations for E and B [40]:
O2E = µ0ε0
∂2E
∂t2
(2.5)
O2B = µ0ε0
∂2B
∂t2
(2.6)
These take the form of equations describing a wave that has a propagation velocity of
1
√
µ0ε0
,
which equals to speed of light in vacuum (c ≈ 3x108ms−1). When an electromagnetic wave
passes through a dielectric material, the speed at which light propagates is altered due to the
change in the permeability and permittivity of the material (µ and ε, respectively), which is
defined as:
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1
√
µε
=
c
n
;n =
√
µε
µ0ε0
(2.7)
being n the refractive index of the material, which represents how the propagation velocity is
reduced compared to the vacuum velocity c. When the electromagnetic wave faces an interface
with a material of different ε, the boundary conditions imposed by Maxwell’s equations
give rise to Snell’s law of refraction and the Fresnel equations, which predict the reflection
behaviour of light at a dielectric interface. Moreover, the time-space dependency in Maxwell’s
equations can be separated due to their linearity. Furthermore, by considering monochromatic
harmonic waves (waves with a single frequency ω), they can be solved as:
E(r, t) = E(r)e−iωt (2.8)
B(r, t) = B(r)e−iωt (2.9)
The conformation of the spatial profile E(r) depends on the spatial distribution of ε, and the
knowledge of this allows the spatial mode profiles (mode distribution) to be calculated by
treating Maxwells equations as an eigenvalue problem. Following this approach, the resulting
mode profiles are the eigenfunctions of the system, while the frequencies (ω) of the modes
are the corresponding eigenvalues.
2.3.2.2 Silicon waveguides
A waveguide is a structure that guides the propagation of waves, such as electromagnetic
waves or sound waves. In this work, a waveguide guides light over the chip by total internal
reflection (from Snell’s law of refraction). It is based on a high refractive index core (n2 in
figure 2.3) surrounded by a low refractive index cladding (n1 and n3 in figure 2.3). Here,
the high refractive index core is made of silicon while the cladding compromises both air and
silicon dioxide.
The waveguide can guide multiple optical modes depending on whether the major electric
field component is along the transverse direction (transverse electric modes, quasi-TE modes),
or the major magnetic field component is along the transverse direction (transverse magnetic
modes, quasi-TM modes) [41]. Each mode propagates across the waveguide with a phase
velocity cneff , where neff the effective refractive index perceived by the mode. As long as the
effective refractive index is larger than the largest refractive index of the cladding (1.44 at
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Figure 2.3: Cross section profile of a waveguide on a substrate with air cladding. A high-
refractive-index core (n2) is surrounded by low-refractive-index media (n1 and n3) to confine
the optical mode.
1.55 µm for silicon dioxide (SiO2)), the mode is guided and confined in the waveguide. The
higher the effective refractive index, the stronger the confinement.
Power can be transferred between multiple guided modes as light propagates through the
waveguide, causing undesired interference effects that distort the transmission spectrum of
optical components. To avoid such power transfer, waveguides need to be made sufficiently
narrow to limit the number of modes [41]; typically, we use waveguides that only support a
single-mode for each polarisation. If the difference between the effective refractive index of
the two remaining quasi-TE and quasi-TM modes is large, coupling between these modes will
be limited because of the phase mismatch and very different mode profiles. For widths under
520 nm, the silicon photonic waveguide studied here will be single-mode for each polarisation
[41].
The dimensions of these waveguides (typically around 500 x 220 nm) at the wavelength of 1.55
µm support the propagation of the quasi-TE mode (figure 2.4), which enables very compact
and high-performance sensors as a result of this high confinement.
Si
SiO2
220 nm
500 nm
Figure 2.4: Illustration of the high mode confinement in a standard waveguide for TE
polarised light.
Due to the fact that the propagation constant (neff ) of an optical mode is obtained together
with the mode profile as a solution of the Maxwells equations to the material system via an
eigenvalue equation (section 2.3.2.1), it is then conceived that this neff will change when the
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conditions at the waveguide are modified (as occurred when molecules bind to the surface
of a waveguide). Perturbation theory states that a change in ε(r) leads to a change in
the propagation constant relative to the size of the fields at the perturbation. Therefore,
given that the fields at these perturbations exponentially decrease away from the core of
the waveguide, these evanescent tails of the modes effectively sense the action close to the
waveguide. This is, for most waveguide systems, a distance of the order 0.1-1 µm, and is
known as the ‘penetration depth’. This sensing phenomenon is called ‘evanescence wave
sensing’, and can be evaluated by any of the waveguiding optical properties (polarisation,
intensity, phase, resonance...). In section 2.3.2.5, this sensing mechanism will be discussed
in-depth for the sensors employed throughout this thesis.
Another important factor to consider is the waveguide dispersion. Dispersion means that the
effective refractive index of a waveguide is strongly dependent on the wavelength. In ring
resonator sensors, dispersion plays an important part as we will discuss. The group refractive
index of an optical mode is a useful parameter as it takes first-order dispersion into account:
ng = neff − λ
dneff
dλ
(2.10)
with neff the effective refractive index and λ the wavelength in vacuum.
Here, all optical modes have a normal first-order dispersion, with a group refractive index
that is larger than the effective refractive index. In particular, the group refractive index
(ng = 4.35) of the a quasi-TE mode waveguide, as used here, is nearly twice the effective
refractive index (neff = 2.33), highlighting the importance of the dispersion.
2.3.2.3 Integrated optical label-free biosensors
Optical waveguides are able to transduce binding events (biochemical signals) into the optical
regime; interferometric waveguide sensors (such as Mach-Zehnder interferometers [42] and bi-
modal waveguide sensors [43]), photonic crystals (PhC) [44], slot-waveguides [45–47] and ring
resonators [48] are examples of this capability. Initially, biosensing performed with integrated
optical devices was mainly carried out on Silicon-On-Insulator (SOI) substrates. However,
due to the strong water absorption at the operating wavelength of this silicon devices (which
limits the performance of the sensing devices), integrated optical biosensing is nowadays
primarily performed on silicon nitride based devices. Here I present a brief review of the
biosensing performed with the most widespread and commonly employed devices, while I
refer to [4, 17] for very comprehensive reviews of integrated optical label-free biosensors.
Mach-Zehnder interferometers (MZI) utilise the interference between two lightwaves of equal
wavelength where one of them has experienced a phase delay. Depending on the amount
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of phase delay (induced by the refractive index medium or optical path length), the optical
waves will interfere constructively or destructively. Therefore, functionalising just one of
these optical paths, binding events will change the refractive index locally and will induce
a shift in the transmission spectrum. MZI have been shown to be able to detect refractive
index changes of 10−7 RIU [42] and concentrations down to 1 fmol/µL using a silicon nitride
substrate[49], while their use for the implementation of labonchip platforms has also been
reported [50].
Contrary to MZI, bimodal waveguide interferometry sensors employ a single waveguide to
perform the transduction of chemical events. In these sensors, two areas within the waveguide
are employed: one operating in a single-mode regime, and a second one that supports two
modes (zero- and first-order modes). As the evanescence field has a different distribution for
each of the areas, they propagate at different velocities depending on the refractive index of
the overlayer. In this way, the interference pattern at the exit of the waveguide changes if
the refractive index varies, for instance, as a consequence of a biointeraction event. With this
simple approach, based on a silicon nitride substrate, refractive index changes of 10−7 RIU
[43] and concentrations down to 30 pg/mL of human growth hormone (HGH) [17] have been
reported.
PhCs are basically structures with a periodic arrangement of material of different dielectric
constant. The periodicity of the structure is very important as it defines the wavelengths
that it can support. This periodicity can occur in 1D, 2D or 3D, yet we will discuss 2D
structures which are the most widespread configurations. 2D structures have a varying di-
electric function in two directions. Typically, triangular or square lattice of air holes are
created in semiconductor materials such as silicon. When waves move through such periodic
structures they scatter and interfere with themselves. When interference occurs, it results in
the diffraction of the wave, forcing it to be sent out of the structure. When interference does
not occur (waves that are physically supported by the periodic structure), waves continue to
propagate through the structure. In such structures, light can be confined to high quality
factor (Q-factor) cavities, directed, split and even slowed down. Their transmission spectrum
contains a photonic bandgap in which almost all of the light is reflected for a wavelength
range determined by the period of the lattice. Hence, they can be thought of as very efficient
wavelength dependent mirrors, with frequencies within the bandgap being strongly reflected.
Four detection strategies are used for the detection of biomarkers using PhCs: band-edge
detection [51], defect based devices [52], resonant gratings [53] and angular spectrum sensing
[54].
As an example of the high sensitivity detection which these devices can achieve, a defect-
based PhC can detect 2.5 fg/mL of Bovine Serum Albumin (BSA) [55]. PhC can also be
used for a wide range of interesting biosensing applications. For example, they can be placed
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on a fiber facet for in-situ sensing [56], used as a sensing device in an imaging method for
detection of cancer cell cytotoxicity and proliferation [57] or for resonant surface imaging with
high spatial resolution [58]. In the literature, we can find examples of optical biosensor arrays
based on PhCs. A method to create large-scale chip-integrated photonic crystal biosensor
arrays is demonstrated in [59]. In this example, four defect microcavities are able to sense
binding events with 3.35 pg/mL concentrations.
Slot-waveguide sensors consist of two slabs of high refractive index substrates distanced by
a nanometer-scale low refractive index slot region and surrounded by low refractive index
cladding materials in such a way that light is strongly confined in the slot region. Due to this
strong confinement, a stronger light-matter interaction can be achieved within this region as
compared to conventional rib or planar waveguides, which results in an enhanced bulk sensi-
tivity. Different slot-waveguide structures have been developed with different structures such
as ring resonators [47], photonic crystals [46] and microdisk resonators [45]. However, despite
the enhanced light-matter interaction, moderate sensitivity have been reported (changes of
10−6 RIU [46] and detection of 30 ng/mL [45]) due to the experimental noise of these systems
which limits their sensitivity.
In summary, MZIs present very high sensitivity, however they require large footprints which
is limiting for the fabrication of highly dense multiplexed arrays of sensors. PhCs also exhibit
extremely high sensitivities due to the strong localisation of the light mode, nevertheless
they are very sensitive to fabrication deviations. On the other hand, ring resonator based
biosensors have also been extensively examined and also used in commercial products [60],
which are more tolerant to fabrication deviations than MZIs and PhCs while still showing high
quality resonant factors. This resonant structure, frequently used in integrated photonics,
will support our work and is presented in the next section. Finally, a comparison between
the different sensitivity levels obtained with the optical sensing techniques presented in this
section is given in table 2.2.
Sensor type Analyte Limit of detection Sensitivity Reference
MZI DAPK gene 10−7 RIU ≈1pg/mL [49]
Bi-modal waveguide HGH 10−7 RIU 30 pg/mL [43]
PhC BSA 10−5 RIU 12.5 fg/mL [55]
PhC array Avidin 10−4 RIU 3.35 pg/mL [59]
Slot-waveguide µdisk Streptavidin 10−6 RIU 30 ng/mL [45]
Slot-waveguide PhC Streptavidin 10−6 RIU 15 ng/mL [46]
Table 2.2: Summary of the different levels of sensitivity obtained by the optical biosensors
discussed in this section.
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2.3.2.4 SOI ring resonator biosensors
Biosensors based on photonic ring resonators have been extensively examined and used in
commercial products such as Genalyte [60]. Due to the fact that this resonant structure is
robust to fabrication deviations and exhibit high quality resonant factors, it will be used
extensively throughout this thesis.
In general, a ring resonator consists of a ring-waveguide and a coupling mechanism to access
the loop. A mode propagating through the loop constructively interferes with itself when
its wavelength fits an integer number of times in the loop. In other words, the cavity is in
resonance when waves that travel in the loop have a round trip phase shift which equals an
integer time 2π. Thus, the ring is in resonance at wavelengths λres:
λres =
neffL
m
,m ∈ N (2.11)
Here, neff is the effective refractive index of the resonant mode and L is the physical round
trip length of the ring resonator. To provide access to its resonance modes, one or more
access waveguide are placed next to the ring cavity. Depending on the number of these access
waveguides, the whole configuration is called all-pass ring resonator (one access waveguide)
or add-drop ring resonator (two access waveguides).
An all-pass ring resonator is a ring resonator in which a fraction k of the field that is prop-
agating through its access waveguide is coupled into the cavity loop (figure 2.5). Without
considering losses, the amplitude of this coupled wave is related to the coefficient r =
√
1− k2
[61].
The basic spectral properties of an all-pass ring resonator can be derived by assuming con-
tinuous wave regime and matching fields [61]. Assuming that reflections are negligible, L
the physical round trip length of the ring cavity, a the single-pass amplitude transmission
(including propagation losses in both the ring and in the couplers), it is possible to obtain
the power transmission from squaring the ratio of the transmitted electrical field and the
incident electrical field in the continuous wave regime:
Tallpass(λ) =
Ipass
Iinput
=
a2 − 2ar cos(2πλ neff (λ)L) + r
2
1− 2ar cos(2πλ neff (λ)L) + (ar)2
(2.12)
Under the assumption of a lossless ring (a=1), the power transmission is unity for all wave-
lengths, hence the name all-pass ring resonator. However, in a practical case, where a < 1,
thus the transmitted power presents minimum values at the resonance wavelengths (figure
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Figure 2.5: All-pass ring configuration.
2.6), due to destructive interference between the access wavelength mode and light coupled
back into the waveguide from the ring.
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Figure 2.6: Transmission spectrum of an all-pass ring resonator, showing dips at the reso-
nance wavelengths.
Considering the relation between r and a, it can be seen that the ring can be overcoupled
(r < a), undercoupled (r > a) or critically coupled (r = a). Critical coupling is an interesting
regime for sensing as it allows accurate measurements of the resonance wavelength due to the
sharpness that the resonance dip exhibits at this regime[61].
The coupling section, together with the access waveguide and the cavity make up the entire
ring resonator. The access waveguide is brought close to the cavity so that the waveguide
modes are coupled and power can be transferred from one to another [61]. This coupling is
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possible due to the portion of the electrical field (associated with the optical mode) that prop-
agates outside the waveguide (commonly called evanescence field). When both waveguides
are brought sufficiently close, the evanescence field can couple from the access waveguide
into the cavity’s waveguide (and vice-versa). Commonly, a directional coupler is employed to
couple light from the ring’s access waveguide to the ring’s cavity and vice-versa.
in
coupling k
Lc
Gc
Figure 2.7: Directional coupler scheme.
As figure 2.7 shows, the directional coupler employed in the rings of our work consist of a
section where two waveguides are close to each other with a gap Gc over a length Lc. The
power which is transferred can be calculated as [62]:
k2 =
Pout
Pin
= sin2(κ · Lc + κ0) (2.13)
Where κ[1/µm] is the coupling coefficient per unit distance in the closest section of the
coupler and κ0 is the offset coupling in this region. It is interesting to point out that the
coupling strength (both κ and κ0) increases with the wavelength, due to a decreasing mode
confinement.
A key parameter for the all-pass configuration is the free spectral range (FSR). The FSR rep-
resents the spectral distance between subsequent resonances (figure 2.8), which as a function
of wavelength equals:
FSR =
λ2
ngL
(2.14)
Where λ is the wavelength in vacuum, ng is the group refractive index and L the physical
round trip length of the ring’s cavity. The transmission spectrum at the drop port of an
all-pass ring resonator is depicted in figure 2.8, where the FSR is illustrated.
In photonic ring resonator biosensors, a larger FSR in comparison to the estimated ∆λresonance
is desired in order to be able to accurately monitor the resonance wavelength along an ex-
periment (i.e. FSR > ∆λresonance). In this way, interferences between adjacent resonances
originated from large ∆λresonance are avoided when monitoring the resonance wavelength.
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Figure 2.8: Power transmission to the drop port of an all-pass ring resonator, where FSR
indicates the spectral distance between subsequent resonances.
The performance of ring resonator sensors is mainly limited by losses [61]. Losses have a
strong impact on the sharpness of the resonance leading to a reduced accuracy of the peak
resonance position, due to the broadening of the resonance dip. Scattering due to sidewall
roughness and absorption by the cladding layer are the major loss factors (≈ 3 dB/cm for air
cladding and ≈ 4.7 dB/cm for water cladding [61]). Moreover, as has been mentioned, bend
losses (≈ 0.04 dB/bend) also play an important role in ring resonator performance [61].
2.3.2.5 Evanescence field sensing with SOI ring resonators biosensors
Biosensors based on ring resonators directly measure selective affinity interactions between
analyte molecules in solution and receptor molecules immobilised on the ring waveguide
surface (figure 2.9).
Figure 2.9: Ring resonator biosensor coated with immobilised receptor molecules.
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Since nearly all biological molecules have a larger refractive index than the surrounding
aqueous solvent(for instance, nantibodies ≈ 1.45 Refractive Index Unit (RIU) and nwater ≈
1.31 RIU), this molecular binding increases the local refractive index in the area where the
tail of the evanescent field of the waveguide mode is present. The consequent phase change
of the waveguide mode produces a measurable shift of the resonance wavelength (∆λ) of the
ring (figure 2.10). This shift can be monitored to give detailed information about the analyte
concentration, affinity between the molecules and the kinetics of the biochemical reaction
[62].
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Figure 2.10: Spectral shift of a ring resonator biosensor due to a change in the effective
refractive index.
The evanescent field of a guided mode is the fraction of the mode that extends in the cladding
(out of the waveguide). It decays exponentially with the distance from the core cladding
interface [63]:
∣∣∣ ~E(d)∣∣∣ = ∣∣∣ ~E(0)∣∣∣ · exp(−γd) (2.15)
where
∣∣∣ ~E(d)∣∣∣ is the electric field in the cladding as a function of the distance d from the
interface. γ is the decay constant that is formulated as [64]:
γ =
2π
λ
√
n2eff − n2w (2.16)
Here, neff is the effective refractive index of the waveguide mode and nw the refractive index
of the cladding. Thus, a large refractive index contrast results in a short decay length. This is
advantageous when sensing the presence of a thin layer of biomolecules as the mode only will
interact with changes in the cladding that happen a few nanometers from the waveguide’s
surface in the region where the biomolecules are immobilised. In this way, the sensor is very
sensitive towards refractive index changes caused by molecular binding near that surface.
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The greater the overlap between the immobilised molecular layer and the evanescent tail,
the more sensitive the sensor. Furthermore, as the sensing zone remains very close to the
waveguide’s surface, the measurement will be less disturbed by the solution away the surface
(improving signal-to-noise ratio). The length of the evanescent tail in solution can be tuned
by modifying the geometry of the sensor. This will be exploited in chapter 6 to quantify
conformational changes of immobilised molecules on the surface.
If the refractive index of the cladding changes, the effective refractive index of the waveguide
mode will also change (in the range of the waveguide mode evanescent field). Then, the
resonance wavelength of the ring resonator mode will shift following the expression [48]:
∆λresonance =
λresonance ·∆neff
ng
(2.17)
Where ng is the group index that takes into account the large first order dispersion of the
waveguide (equation 2.10).
Therefore, the sensitivity for ring resonators is defined as the shift of the resonance wavelength
for a certain excitation. For sensing the refractive index of the fluid flowing over the sensor’s
surface, bulk sensitivity is a more useful metric. Its units are [nm (resonance shift)/RIU].
Another useful metric for evanescence field sensing is the surface sensitivity, which corresponds
to the sensitivity of the device upon surface-related molecular interactions. This metric,
usually given in [nm (resonance shift)/nm (layer thickness)], provides a quantification of the
molecular mass bound to the sensor surface and can help to compare non-optical different
technologies with optical ones.
Another important concept related to the sensor’s sensitivity is the smallest wavelength shift
that can be measured, ∆λmin, which is associated with the precision of the measurement
equipment and the sharpness of the resonance wavelength relative to its central frequency,
the quality factor (Q-factor).
Combining these two concepts, it is possible to define the limit of detection (LOD) of a sensor.
The LOD refers to the minimum detectable concentration of an analyte in a test sample, and
follows:
LOD =
∆λmin
sensitivity
(2.18)
The high Q-factor associated with ring resonators, can result in biosensors with sensitivi-
ties comparable to SPR [65]. Detection limits on surfaces of 1.5 pg/mm2 (corresponding to
7.6x10−7 RIU) have been reported with a multiplexed sensing scheme [66], while cortisol-
bovine serum albumin binding has been detected at protein concentrations in solution down
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to 1 ng/mL [67]. In a more sophisticated example, C. F. Carlborg et al. presented a fully
packaged optical device based on slot-waveguide ring resonators sensors [68]. This example
employed a variety of ring resonators where the optical signal is confined within two Si waveg-
uides, hence sensing the analyte with the bulk optical signal and not with the evanescence
tail. Here, a detection limit of 0.9 pg/mm2 was demonstrated.
2.4 Bi-domain techniques
While single-domain techniques have been demonstrated to provide accurate, fast and reli-
able analysis of chemical events at the surface of the sensor, techniques that monitor these
chemical events in two measurement domains can provide further insight into the undergoing
molecular and (bio)molecular processes. For this reason, they are readily becoming more
popular within the scientific community. For example, dual-mode (or bi-domain) techniques
can simultaneously probe both the electrochemical and optical properties of thin films on the
surface at the nanometer scale [69], or the viscoelastic properties and conformational state
of deposited macromolecules [70]. The number of solutions developed to date for dual-mode
(or multi-mode) sensing is significantly more limited than that available for single-domain
techniques. Here we highlight the major dual-mode sensing strategies and some of their most
relevant applications, while a comparison between them and the system proposed in this
thesis is given in section 4.8.
2.4.1 Electrochemical Surface Plasmon Resonance
SPR has significantly evolved since it was first applied for sensing three decades ago. A range
of sub-techniques have also emerged from this sensing technique, including Localised Surface
Plasmon Resonance (LSPR) [71], Long-Range Surface Plasmon Resonance (LR-SPR) [72] or
Metal-Clad WaveGuide (MCWG) [73], which have been proven to be suitable for performing
sensing and imaging. Of particular importance here is the simultaneous characterisation of
the optical and electrochemical properties of immobilised molecules on the surface achieved
with electrochemical-SPR (EC-SPR). For example, using EC-SPR, characterization of elec-
trochemical DNA sensors has been reported [74], capable of detection of concentrations down
to 20 nM. As discussed in 2.1, SPR sensors directly measure the local refractive index change
induced by biomolecular interactions on a gold surface using surface plasmon waves. The
transducer translates chemical changes into changes in refractive index, which may be de-
termined by optically interrogating the SPR. The sensor sensitivity, stability, and resolution
depend upon properties of both the optical system and the transducing medium. SPR al-
lows the incorporation of a secondary sensing domain, here the electrochemical, where the
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gold substrate that carries the optical surface mode is simultaneously used as the working
electrode in a standard three-electrode electrochemical system (figure 2.11).
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Figure 2.11: Electrochemical-SPR schematic diagram with a three electrode cell set-up.
The gold substrate that carries the optical surface mode is simultaneously used as the working
electrode, allowing simultaneous optical and electrochemical interrogation.
This combination of electrochemical and optical sensing modes can provide deeper insight
into redox active system, for example enzymatic reactions [69]. Nevertheless, the EC-SPR
technique presents some disadvantages. Firstly, SPR requires a stable optical setup requiring
bulky equipment to perform accurate and repeatable measurements. As a consequence, this
technique is not a compact solution and thus limits application in point-of-care devices which
can be used at the bedside. Secondly, high density arrays of SPR sensors are particularly
difficult to engineer.
2.4.2 Electrochemical Quartz Crystal Microbalance with Dissipation mon-
itoring
A rapidly emerging label-free biosensor that enables picomolar level detection alongside simul-
taneous measurements of conformational changes in real-time is Quartz Crystal Microbalance
with Dissipation monitoring (QCM-D).
QCM-D relies on a voltage being applied to a piezo electric quartz crystal causing it to
oscillate at a specific resonant frequency (figure 2.12, A)). Changes in mass on the quartz
surface, for example due to protein binding, result in a change of the resonant frequency of
the oscillating crystal. The Sauerbrey relationship (method for correlating changes in the
oscillation frequency of a piezoelectric crystal with the mass deposited on it) defines the
relationship between mass and resonant frequency for rigid, homogeneous and thin adsorbed
layers; the model is not valid for soft or viscoelastic films. In addition to measuring changes
Fundamentals of Label-free Biosensing 46
in resonant frequency, QCM-D also measures the energy dissipated by the acoustic wave[70].
This is achieved by disconnecting the drive voltage from the crystal while recording the
time taken for the oscillation to decay due to damping (figure 2.12, B)). In this system,
electrochemical control over the surface of the sensor can also be achieved by coating the
quartz sensor with a thin metal layer which acts as the working electrode in a standard
three-electrode electrochemical system.
Gold electrode
Molecular layer
Gold electrode
Quartz crystalV
A)
Time
A
m
pl
itu
de
Time
A
m
pl
itu
de
Frequency
Dissipation
B)
initial mass
increased mass
Rigid
Soft/Viscoelastic
Figure 2.12: Electrochemical Quartz crystal Microbalance with Dissipation monitoring
(E-QCM-D). A) The sensor crystal can be coated with a conductive metal layer, which is
simultaneously used as the working electrode, allowing simultaneous mechanical and elec-
trochemical interrogation. B) Both the resonant frequency and the energy dissipation are
measured simultaneously for a non-driven sensor crystal.
Changes in adsorbed mass of, for example, a rigid protein provide a change in frequency,
however for viscoelastic masses such as biomacromolecules, there is also a corresponding
change in dissipation, leading to a rapid oscillatory decay of the stored energy in the crystal
(figure 2.12, B)). This change in dissipation provides information regarding the viscoelastic
properties of the immobilised layer and can thus be used to probe molecular conformation.
Additionally, QCMD allows simultaneous measurements of frequency shift and energy dissi-
pation of multiple different overtones of the fundamental resonance. As higher overtones are
more confined into the quartz crystal, while lower overtones are less confined and penetrate
further into the supporting analyte, it is possible to also probe the distribution of mass and
viscoelasticity as a function of distance into the immobilised layer.
E-QCM-D is an ideal technique for detection of mass on surfaces, as any change is mass on
the sensor surface is directly translated onto the resonant frequency. In contrast with optical
techniques, E-QCM-D is sensitive to water associated with adsorbed proteins, allowing the
quantification of hydrodynamically coupled water (proteins and/or water trapped in cavities
in the film).
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This electro-mechanical system is also well suited for the detection of enzymatic activities.
For instance, a 21 pM threshold of enzymatic activity has been reported while being able to
distinguish different hydrolysis mechanisms [75].
2.4.3 Electrochemical Optical Waveguide Lightmode Spectroscopy
Another (however less developed) optical dual-mode experimental technique has been de-
veloped called Electrochemical Optical Waveguide Lightmode Spectroscopy (EC-OCWLS).
EC-OWLS combines evanescent-field optical sensing with electrochemical control of surface
adsorption processes.
This technique, firstly presented in 2012, is based on grating-assisted coupling of light into
an optical waveguide layer [76]. The angle of the incident light beam is then varied, exciting
both guided transverse electric (TE) and transverse magnetic (TM) modes. As the optical
mode penetrates into the supporting solution for a distance of about 200 nm beyond the
surface, the in-coupling angle of the incident light is sensitive to the refractive index and the
thickness of the adsorbed film on the surface. A layer of indium tin oxide (ITO) is deposited
on top of the waveguide and serves as both a high-refractive-index waveguide and conductive
electrode, being completely compatible with the constraints of optical sensing (figure 2.13).
 θ
Light beam
Photodetector
Incoupling
angle
ITO
(working electrode)
Waveguide
Figure 2.13: Electrochemical Optical Waveguide Lightmode Spectroscopy (EC-OCWLS).
Light coupled into the waveguide through a grating coupler changes its in-coupling angle
when the refractive index on top of the sensor surface is modified.
EC-OCWLS can further be exploited to calculate the refractive index of the layer deposited
on the ITO surface. This calculation is performed by measuring both TE and TM modes, as
detailed in [77]. Alternatively, EC-OWLS has been reported to be able to measure adsorbed
mass down to 0.5% of an average protein layer, showing its capabilities for studying protein
adsorption kinetics [78].
Fundamentals of Label-free Biosensing 48
2.4.4 Electro-photonic silicon biosensing
It has become clear that with the introduction of the personalised medicine (PM) [79],
portable, compact and reliable sensing devices will be required in the near future. For ex-
ample, particular diseases, such as cancer, will require detection of biomarker profiles to
personalise diagnosis and treatment. The SOI platform is, therefore, conveniently positioned
to address this challenge presented by PM, as its CMOS compatibility allows the develop-
ment of such cheap and precise point-of-care devices which will be able to monitor multiple
biomarkers in parallel.
Nevertheless, this platform can also be complemented by performing parallel sensing in a
complementary domain, here the electrochemical (figure 2.14). In this way, information about
the electrochemical activity of immobilised molecules, and deeper insight into molecular and
(bio)molecular processes, can be provided in addition to that supplied by the optical domain.
This novel sensing system, namely electrochemical-photonic silicon biosensing, is the object
of study of this thesis.
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Figure 2.14: Electro-photonic silicon biosensing. Electrochemical control to the surface of
a SOI sensor is provided, allowing optical evanescence field sensing.
To successfully combine both the electrochemical and optical domains, an electrochemically
compatible layer has to be integrated within the SOI platform. For instance, an electro-
chemically and optically compatible layer could be deposited on the silicon layer of the SOI
substrate or the electrical properties of the SOI substrate itself can be modified. The viability
of both approaches is studied in section 4.1.
This bi-domain system would take advantage of the SOI sensor platform (i.e. freedom to
choose the optical structure for sensing, tailoring of light-matter interaction and read-out
integration) while simultaneously conducting (and monitoring) electrochemical reactions oc-
curring on the silicon surface. This not only provides insight into electrochemical processes
but can also be exploited for chemical modification of the photonic sensors.
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2.5 Self-Assembled Monolayers
A critical component of all label-free technologies is the need to immobilise capture molecules
onto the sensor surface using a process that must preserve the high affinity and selectivity of
the capture molecule against the target biomarker.
A number of different methods can be employed to anchor capture molecules to the surface
of a label-free transducer. The most basic approach is to allow the capture molecules to bind
non-specifically to the transducer surface through electrostatic and/or hydrophobic interac-
tions. While simple, this approach is rarely used due to the following reasons. On the one
hand, it leads to non-specific interactions on the surface, as the surface itself is not selective
to any particular chemistry. Covalent attachment is also desired rather than non-specific
interactions in order immobilise the molecules on the surface. Furthermore, non-specific in-
teractions do not allow to control the surface density or, when possible, the orientation of
immobilised molecules. This is very important in biosensing as the need to optimise the
bioassay conditions for the detection of molecules. Controlling the surface density allows to
prevent steric hindrance, effect which can limit the performance of biosensors [80]. Finally,
when proteins are used as capture molecules, their stability is affected when their are brought
into contact with inorganic material, as they undergo a change in their structure (generally
unfolding) with the loss of activity [81].
A more controlled approach to immobilisation is to pre-functionalise the surface in order to
control the surface chemistry. This functionalisation, which can be patterned in different
ways [82], introduces chemical functional groups to the surface of the transducer which can
further link to other molecules through covalent chemical bonding.
The most widely utilised method of surface functionalisation is based on Self-Assembled
Monolayers (SAMs). SAMs have received significant interest due to their ability to modify
and control the chemistry and properties of planar surfaces, including semiconductors and
metals, and curved surfaces, such as nanoparticles, as they form a well-ordered and stable
thin film. SAMs are molecular assemblies spontaneously formed on surfaces by adsorption of
a surfactant on a solid surface. Note that adsorption refers to the adhesion of atoms, ions,
or molecules from a gas, liquid, or dissolved solid to a surface, while absorption relates a
physical or a process in which atoms, molecules or ions enter some bulk phase. In contrast
with ordinary surfactant monolayers, the molecules which form the SAM typically possess
a chemical moiety (the head group as depicted in figure 2.15), that has a strong affinity for
the substrate and thus tethers the molecule stably to the surface to expose the tail group
(which acts as a physical barrier and provides a well-defined thickness). These functional
tail groups are typically chemically functional, for example thiols (-SH), hydroxyls (-OH) and
amines (-NH2), allowing the covalent coupling of receptor molecules, as required for the design
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of label-free biosensor. In addition to chemical functionality for molecular immobilisation,
SAMs can also provide further control of surface properties including chemical resistance,
biocompatibility, wetting and adhesion [83]. The most widely investigated SAMs are those
based on monolayers of alkanethiols on gold substrates [84].
Tail
Functional tail group
Head group
Substrate
Figure 2.15: Schematic of a SAM on a substrate. The ”head group” is chemically absorbed
onto the substrate, followed by a slow rearrangement of ”tail groups” driven by intermolecular
interactions between the organic tail region.
2.5.1 Formation of Self-Assembled Monolayers
SAMs are created by the chemisorption of head groups onto the substrate from either liquid
of vapour phase, followed by a slow rearrangement of ”tail groups”. The formation process
is driven by the minimisation of energy in the formation of the layer, as adsorption lowers
the surface free-energy of the system [83]. The main energies involved in the assembly of the
monolayer are four: the energy of adsorption of the headgroup to the surface (4Eads), the
energy related to the corrugation of the surface (4Ec), the Van de Waals energies between
the backbones (4Ev) and the energy associated with the conformational isomers of adjacent
groups along the backbone (gauche conformation in the case of alkane chains) (4Eg). These
energies are depicted in figure 2.16.
Ec
Eg EV
Eads
Figure 2.16: Principal energies associated with formation of SAMs. The whole formation
process is driven by the minimisation of energy in the formation of the layer.
Fundamentals of Label-free Biosensing 51
A key aspect for the quality of the SAM is the surface topography of the substrate. Surface
roughness on the scale of the molecule will have a direct impact on the SAM quality, as
the integrity of the SAM is inversely proportional to the roughness dimensions. Indeed, the
quality of the SAM is more associated to the amount of grains in the substrate than to
the amount of adsorbed molecules which construct the SAM[83]. However, if optimised, it
has been reported that the roughness of the SAM can be employed to reduce non-specific
adsorption in microfluidic biosensors [85].
2.5.2 Assembly of silane SAMs on silicon
Alkoxysilanes are some of the most common chemistries employed for the assembly of SAMs
on both silicon and glass substrates through a process known as silanisation. Silanisation
requires substrates to contain hydroxyl groups on the surface in order to form a covalent
Si-O-Si bond between the surface and the alkoxysilane[83]. An example for the formation of
a 3-Mercaptopropyltrimethoxysilane (MPTS) layer on silicon is shown in figure 2.17, which
provides a thiol modification to the silicon substrate.
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Figure 2.17: Formation of a 3-Mercaptopropyltrimethoxysilane (MPTS) layer on silicon.
A) 3-Mercaptopropyltrimethoxysilane molecule requires hydroxil groups on the surface (B))
to form a covalent Si-O-Si bond to the surface (C)).
Although organosilane layers are typically disordered, they exhibit high stability once assem-
bled, and show greater robustness to desorption than alkanethiol monolayers formed on gold
[86]. Improvements to the order and reproducibility of organosilane layers requires minimi-
sation of water content (both in the solution and on the surface). Excess presence of water
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molecules in the solution promotes the formation of polysiloxanes in the solution-phase and
the assembly of multilayers on the surface [87], which decreases the quality of the layer.
2.6 Summary
This chapter has introduced the main motivation for the development of label-free biosen-
sors, as the need of biofunctionalisationing such label-free transducers for the detection of
biomolecules in their native conformation. The most widespread label-free detection strate-
gies in both electrical and photonic domains have been highlighted, providing a summary of
their sensing principles and main applications. More specifically, photonic waveguide-based
detection strategies, and in particular ring resonator biosensors, have been the focus. The
evanescence field sensing principle of such resonators has been extensively presented, as the
devices here developed base their optical sensing mechanism in this effect. Subsequently,
the chapter has followed with an introduction to bi-domain sensing techniques. It has been
shown how the added value of these label-free dual-mode systems will help to understand
complex molecular and biomolecular processes. The chapter follows introducing the highly
novel dual-mode electrochemical-photonic sensing technique developed in this thesis, which is
capable of, for instance, exploiting chemical modification of the photonic sensors, monitoring
in situ electrochemical reactions occurring on the silicon surface or enzyme activity in parallel
with substrate binding. Finally, a summary of the most common functionalisation techniques
for silicon surfaces based on SAMs is given.
Chapter 3
Fabrication and experimental
techniques
This chapter gives an overview of the fundamentals of the nanofabrication and experimental
techniques employed throughout this thesis. The equipment used to realise the biosensors
is presented along with details of the optimised fabrication processes. The chapter also
discusses the fundamentals of electrochemistry, with an emphasis on semiconducting elec-
trodes, together with the techniques used to characterise the electrochemical properties of
the electro-photonic devices. Finally, the experimental setup which enables characterisation
of the dual-mode optical/electrochemical devices is presented.
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3.1 Introduction
Device fabrication was performed in the clean room (class 10,000) facilities of the Nanocentre
at the University of York, whereas the optical and electrochemical characterisation was per-
formed in the photonics (Physics) and the bio-inspired technologies (Electronics) laboratories,
respectively.
Here we introduce the basics of each of the techniques used to fabricate our devices, providing
references in case further detail is desired. Further details about our devices are provided in
chapter 4.
3.2 Nanofabrication processes
In this section all the nanofabrication processes used to fabricate our sensor samples are
presented. All of these devices were fabricated on a SOI material, which consists of a 220
nm top silicon layer formed on top of a 2 µm layer of silica (SiO2) separating it from a bulk
silicon substrate. The order of the following subsections follows the order of the optimised
fabrication protocol.
3.2.1 Diffusion doping
The modification of the electric properties of a semiconductor substrate (e.g. silicon) can
be tuned by the introduction of certain impurities (from another material) into the intrinsic
crystalline structure of the substrate. This process, called doping, has been widely used
over the last 80 years by the electronic circuit manufacturing industry [88]. Doping can
be performed in two ways, ion implantation or diffusion. On incorporation into the crystal
lattice, the dopant either gives up (donor) or receives (acceptor) an electron from the crystal.
Adding either electrons or holes varies the conductivity of the semiconductor substrate, in this
way adding electrons makes the material n-type, whereas adding holes makes the material
p-type. Such introduction of impurities has therefore an effect on the Fermi level of the
semiconductor as impurities add extra levels (illustrated in figure 3.1).
As observed in figure 3.1, in n-type doping donor ions are energetically close to the bottom
of the conduction band. Therefore, carriers (electrons in this case) can be easily excited
from the doping levels into the conduction band, leading to a shift of the Fermi level. The
opposite occurs for p-type, where acceptor ions are energetically close to the bottom of the
valence band, thus holes can be easily excited into the valence band leaving mobile holes.
This excitation of holes leads to a downwards shift of the Fermi level. Here, we are interested
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Figure 3.1: Band structures for A) intrinsic silicon, B) p-type doped silicon and C) n-type
doped silicon. Extra levels are added by the impurities, which shift the Fermi level towards
the conduction or valence band for n-type or p-type doping, respectively.
in n-type doping as it presents higher conductivity and electrons are the major charge carries,
being thus more suitable for the electrochemical processes we will work with.
On the other hand, the quantity of dopant material introduced to a semiconductor substrate
determines its concentration and indirectly affects many of its electrical properties. Depend-
ing on the level of doping (i.e. doping concentration, carrier concentration or impurities
density), the electrical resistivity of the semiconductor material will have a larger or smaller
value [89, 90]. For large doping concentrations, the substrate will present a low electrical re-
sistivity; whereas, on the other hand, low doping concentration have large electrical resistivity
(figure 3.2).
Figure 3.2 shows that for a given doping density, the electrical resistivity of a n-type doped
silicon substrate is lower than that for p-type doping. As discussed in section 4.2, the doping
density of the electro-photonic sensor must be minimised in order to limit optical losses. For
this reason n-type doped substrates were chosen.
In our fabrication process, these n-type impurities have been introduced through a diffusion
method [91], where impurities are driven into the substrate from a solid source (i.e. dopant
source). For n-type doping, phosphorous is used as the source. We use a solid source consisting
of a ceramic wafer with the active ingredient Silicon Pyrophosphate (SiP2O7) carried on an
inert silicon carbide (SiC) substrate (Phosphorus Grade PH-950, Saint-Gobain Ceramics,
USA). The overall doping procedure is illustrated in figure 3.3.
As shown in 3.3, the SOI sample and the phosphorus source are mounted vertically in the
furnace on a quartz boat with the phosphorus source placed upstream in the nitrogen flow.
It is important that both sample and source are placed as close as possible without touching
Fabrication and experimental techniques 56
Figure 3.2: Silicon resistivity as a function of doping concentration for both n-type (red)
and p-type (blue) at 300 ◦K. Large doping concentrations present a low electrical resistivity,
while low doping concentration show large electrical resistivity. Reproduced from pveduca-
tion.org.
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Figure 3.3: Solid source phosphorus diffusion doping procedure. A) A sample piece of SOI.
B) The sample is vertically loaded along with the phosphorus source in the furnace tube,
where at temperatures around 850 ◦C the doping is carried out. C) Inset schematic which
illustrates the silicon atoms diffusing to the top while the phosphorus atoms fill the silicon
vacancies and dope the silicon. D) Cross section of the sample after the doping process. D)
Finally, the sample is deglazed to remove the oxide product through a dip in diluted HF (1:6
in DI water).
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to ensure efficient diffusion of dopants to the substrate. At high temperatures, the active
component of the silicon pyrophosphate decomposes to phosphorus pentoxide glass vapour
(P2O5), which evaporates from the source by direct volatilisation and then condenses on the
silicon wafer. This thin layer of P2O5 provides elemental phosphorus for the diffusion into
the silicon via the reaction:
2P2O5 + 5Si = 4P + 5SiO2 (3.1)
At high temperatures, silicon atoms at the surface form silicon dioxide (SiO2), leaving behind
silicon vacancies. The phosphorous atoms then diffuse into the silicon layer and occupy the
vacant sites left by the silicon atoms.
The process starts by pre-conditioning the dopant source. Sample and source are slid into
the centre of the furnace tube where the temperature is best controlled. The temperature is
slowly ramped at 5 ◦C/min from room temperature to the doping temperature (845 ◦C) in
order to dry out any water molecules present in the source. The entire process is carried out
in a 100% nitrogen environment, with a gas flow rate of 0.2 slpm (standard litre per minute).
This slow ramping of the temperature is critical to ensure reproducibility between fabrication
batches of -/+ 2% (when comparing the sheet resistance of the doped doped sample). Specific
details of the thermal diffusion process are give in section 4.2.
3.2.2 Thermal evaporation
After modifying the electrical properties of the silicon substrate, electrical contact pads need
to be fabricated on the doped silicon to enable electrons to be efficiently driven into and
out of the substrate. These pads are deposited on the sample by means of resistive thermal
evaporation.
In thermal evaporation, which is one of the most common and simple metal deposition pro-
cesses [92], evaporation of the source metal is achieved by passing a large current through
a boat or coil made of tungsten or similar material, in which the material to be evaporated
is placed. When a certain temperature is reached (typically above 600 ◦C) at low chamber
pressure, the material in the boat vaporises and re-condenses on the cooler sample which is
placed overhead. This technique shows excellent performance for metals with relatively low
melting points such as aluminium (660 ◦C), nickel (1455 ◦C) and gold (1064 ◦C).
The process was carried out using a Mantis HEX resistive thermal evaporator, which is fitted
with three thermal boat sources allowing multi-layer stacks to be formed on top of the loaded
substrates without the formation of intermediate native oxide layers. The chamber is pumped
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down to a pressure of order 10−6 mbar before the boats are heated, wherein previously high
purity pieces of metals had been loaded as detailed in section 4.3. The deposition rate and
the film thickness is monitored in real-time by a quartz crystal microbalance (QCM).
Similarly as in the doping procedure, pre-conditioning is required to ensure good quality films.
Both pressure and deposition rate are monitored while the current is increased in small steps
(figure 3.4).
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Figure 3.4: Monitoring of evaporation process. A) The current is ramped up until the
pressure suddenly increases due to the degassing of the metal piece. B) Once the pressure
decreases, the evaporation is triggered.
As illustrated in figure 3.4, at a certain current value, the pressure increases due the de-
gassing of the metal piece. After the pressure reaches a local maximum value, it subsequently
decreases and the deposition rate is triggered. It is at this point when the shutter of the
chamber is opened and the vaporised metal is deposited on the substrate.
3.2.3 Electron Beam Lithography
By definition, lithography is a technique used for transferring a pattern into a material. In
this thesis, the main lithography technique is electron beam lithography (EBL). For this
process, a substrate is coated with a thin layer of electron beam (E-beam) sensitive resist.
When this resist is exposed to an E-Beam, its chemical properties are changed. Depending on
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the type of resist, the exposed (non-exposed) areas can be dissolved in the proper solvent for
a positive (negative) resist. For a positive resist, electrons break molecular bonds in the resist
polymer to increase solubility. For a negative resist, the polymer molecules are cross-linked
by electron exposure, transforming them into an insoluble material. As in photographic films,
the step of removing exposed regions from the resist film with a solvent is called development.
Finally, after development, the remaining resist forms a pattern, which can be transferred
into the underlying substrate via either dry or wet etching.
The resist used here is AR-P 6200.09 (ALLRESIST) [93], which is positive tone (exposed
regions are removed) with high sensitivity to electron exposure, good resistance to plasma
etching, and enable patterning of small features down to 6 nm. The resist layer is applied
to the substrates using a spin-coater to ensure very flat and uniform resist layer of a specific
thickness.
EBL was used to define all the photonic patterns on top of the silicon substrates. In EBL,
a tightly-focused beam of electrons is accelerated towards the sample to expose particular
areas of the resist. The beam of electrons is controlled and guided across the resist using
electromagnetic lenses and electrostatic defection plates. Due to the short wavelength of
high-energy electrons, this electron beam can be focused down to a few nm allowing the
exposure of patterns with high spatial resolution. Nevertheless, and in contrast with optical
systems, the smallest feature which can be exposed is limited by the diffusion and scattering
of the electrons within the resist [92]. In particular, electrons that are back-scattered from
the substrate result not only in increase exposure at the point of incidence of the electron
beam, but they also expose areas that are some distance away, leading to a broadening of
the exposed area. This effect (i.e. the additional exposure) is known as the electron beam
proximity effect.
This proximity effect ultimately leads to areas in the lithographed pattern with incorrect
dimensions. In order to obtain the desired dimensions in our structures, we manually adjusted
the dose in some areas of our patterns (proximity error correction). Figure 3.5 shows two
images before (3.5, A)) and after (3.5, B)) adjusting the doses to compensate for the proximity
effect.
In figure 3.5, A), a pattern of a coupling section of a ring resonator with waveguide width of
500 nm and gap distance of 200 nm between waveguides is exposed. Due to the proximity
between the exposed areas, the exposure dose distribution, and hence the developed pattern,
is wider than the scanned pattern, due to the interactions of the primary beam electrons
with the resist and substrate. To correct the pattern, the exposure doses were adjusted
to obtained the desired pattern. After correction, figure 3.5, B), shows how the developed
pattern matches the desired pattern. Proximity correction allows to control the geometry
of our devices, providing an extra level of control of the coupling gap. It thus allows the
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Figure 3.5: Electron beam proximity effect in the coupling section of a ring resonator. A)
Backscattered electrons from large exposed areas that are at a short distance away from each
other widen the exposed area. B) After manually adjusting the exposure dose of these large
exposed areas the desired structure dimensions are obtained.
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optimisation of the coupling loss (loss between access waveguide and the ring cavity), which
results crucial in high Q-factor devices [44].
The EBL system employed in this work is a Voyager from the company Raith GmbH, which
has an acceleration voltage of 50 kV. This system allows both fast writing speeds and large
beam currents. The beam is steered by a fully electrostatic column within a maximum write
field size of 500 x 500 µm. When a larger area is being exposed, the computer divides the
area up into multiple write fields. In our case, the full pattern is 12 mm x 100 µm, and is
thus exposed in 24 different write fields of 500 µm in size. After writing the first field, the
stage and the sample are repositioned to allow the beam to write the next write field pattern.
Stage repositioning leads to errors in the pattern at the write field boundaries, known as
stitching errors. For the in-plane applications like waveguides, stitching errors often lead to
large scattering losses of confined light. To reduce these stitching errors, the shot shifting
technique was applied [94]. This technique consists of splitting the pattern into a group of
X shortly shifted sub-patterns with a dose equal to 1X of the overall exposure dose. In this
way, the sub-patterns overlay constructively at the write field boundaries, thus the stitching
error is minimised (figure 3.6).
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Figure 3.6: Shot shifting technique to reduce stitching errors between write fields. A)
Alignment mismatches between write fields can lead to stitching errors. B) Through a short-
shifting technique, these errors can be minimised to decrease scattering losses.
We employed this shot shifting in our exposures, using three sub-patterns shifted 10 µm away
from each other. This level of sub-division afforded complete elimination of the stitching
errors as confirmed by optical examination. Finally, after successful exposure, the samples
are developed in Xylene to remove the resist from the exposed areas.
Fabrication and experimental techniques 62
3.2.4 Reactive Ion Etching
Once a pattern has been lithographed on the silicon substrate, it needs to be transferred into
the underlying substrate to create the desired structures. We employed a dry etching process
widely used in the CMOS industry known as reactive ion etching (RIE) [95]. The RIE system
is effectively a parallel plate capacitor in a vacuum chamber. The two plates of the capacitor
consists of a metal disk with small holes where the reactive gases are fed into the chamber,
while the bottom plate is a solid electrode where the sample is mounted (figure 3.7).
Gas supply
RF supply
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Figure 3.7: Diagram of the in-house developed Reactive Ion Etching (RIE) system. Plasma
is formed in the chamber to generate reactive ions and radicals which are bombarded into
the sample to etch it. The pressure in the chamber is set using the gate valve.
In the RIE system used for this work, which was developed in-house, the top plate (anode)
is grounded, while the bottom plate (cathode) is electrically isolated from the rest of the
system and coupled to an AC power supply which is driven at RF frequency (13.56 MHz).
Under the application of a strong RF electromagnetic field, the gas between the electrode
plates is decomposed and ionised, producing a plasma. This plasma generates reactive ions
and radicals, such as fluorine (F+), which are accelerated towards the sample surface. A
characteristic glow can be observed due to the relaxation of gas molecules that have been
excited inelastically by free electrons, with the emission colour being specific to the type of
gas.
The RIE etching process has two components, the first being a mechanical sputtering process
and the second the chemical etch component. The physical component is provided by the
accelerated ions, whose behaviour is very anisotropic (i.e. etching normal to the substrate
surface), while the chemical component originates from the gases used to ignite the plasma,
which are very reactive and provide isotropic etching. These two etch processes are not
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independent, but they are highly interlinked and depend on multiple parameters including
gas mixture, vacuum pressure and RF power.
The pressure of the gases plays a crucial role in the balance between these two components,
as it is linked to the mean free path (MFP) of the particles in the plasma. Higher pressures
induce more collision between particles in the plasma, and therefore a shorter MFP. This
increases the concentration of reactive species along with a decrease in the speed of the
ballistic ions, ultimately causing a more chemical, isotropic etch. In contrast, lower pressures
extend the MFP, minimising ion scattering and leading to a more mechanical, anisotropic
etch. The balance between these two components is crucial to achieving high selectivity (ratio
of each rates of Si and resist) and vertical side walls (anisotropy) with small roughness. An
excess of chemical etching will result in a loss of directionality with under-cut and angled
side walls. On the other hand, a dominant physical component leads to angled side walls
but with re-deposition of the etched material [95]. For this reason, a balance between both
components needs to be satisfied to obtain vertical and smooth side walls.
Here, an etch process for silicon substrates was developed using CHF3 and SF6, as the source
of reactive fluorine ions, while the H+ ions contribute to polymer passivation and protect
the material form further etching, ensuring smooth vertical side walls. The impact of the
gas mixture, pressure and RF power were systematically explored until the optimal values
for making optical devices in SOI were identified. In figure 3.8, a comparison between a pre-
optimised and the optimised etch process is given for a grating pattern on a silicon substrate.
Following the optimisation process, the recipe consisted of a ratio of 1.16:1 for CHF3 and SF6
(respectively) setting a pressure of 4.2x10−2 mBar and a RF power of 22 W. Under these
conditions, a DC bias of 188 V and an etch rate of 115 nm/min were obtained. I note that
the roughness of the side walls could not be diminished adjusting the parameters previously
described. This is due to the operation error of the gas mass flow controllers, which was
around 10% of the defined gas flow value.
Once the sample is successfully etched, the remaining resist needs to be removed. This is
achieved through the immersion of the sample in a solvent (1165 Microposit Remover) for 5
minutes under gentle sonication followed by immersion in acetone and isopropanol. Finally
the sample is cleaved (using a diamond tipped scribe pen) in order to create the edge facets
that allow the in-coupling of light.
3.2.5 Microfluidics
To ensure the delivery of the liquid sample to the sensor surface, a fluidic compartment was
used to guide the fluids over the SOI samples. This compartment contains a fluid inlet and
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Figure 3.8: Development of a silicon etch process using our in-house developed RIE. Along
the development process, we observed how the excess of the chemical component results in
an isotropic behaviour (A)), while the proper balance between the two components process
produces smooth vertical side walls.
outlet port and a single broad channel through which the sample flows and interacts with
the sensor surface. In order to provide controlled flow velocity and laminar flow, the channel
had dimensions on the order of a few tens of micrometers, hence the name ‘microfluidics’. A
review of the state-of-the-art microfluidics techniques can be found in [96].
Microfluidics have been implemented using many different techniques and in a number of
materials. One of the most common materials is poly(dimethylsiloxane), an elastomeric
polymer commonly known as PDMS. PDMS has been the material used in this thesis to
incorporate the microfluidics in our SOI chips. PDMS is optically transparent, flexible, gas
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permeable, and naturally hydrophobic, while being relatively cheap, simple and fast to use.
Using a technique known as soft lithography, microfluidic devices can be rapidly fabricated
in PDMS with feature sizes down to 30 nm [97].
PDMS (184 Sylgard) is made from two liquid components; a base elastomer and a curing
agent. When these two parts are mixed and left to cure, a solid elastomer is formed. The
curing process can be performed on top of a master mould which contains the complementary
shape to the desired channel design, hence imprinting the shape of the mould in the cured
PDMS when it is peeled away. This mould can be re-used multiple times to reliably make
PDMS microchannels.
Here, the master mould is formed from SU-8. Firstly, a piece of silicon is cleaned in acetone
and isopropanol under sonication and dried in nitrogen gas. Secondly, SU-8 negative photore-
sist (2050:2000.5 in a ratio of 10:1) is applied by spinning at 1000 rpm to obtain a thickness
of 40 µm. Thirdly, the SU-8 coated silicon substrate is baked for 5 min at 65 ◦C, followed by
15 min at 95 ◦C. It is then exposed to UV light through a photomask of the channel pattern
for 10 min. The sample is post baked for 1 min at 65 ◦C and 10 min at 95 ◦C. The pattern
is obtained by developing the sample in EC solvent (Microposit, USA), a solvent engineered
to eliminate the photoresist edge bead that occurs during typical spin coat wafer processing,
for 5 min after which is rinsed in isopropanol. The sample is finally hard baked overnight at
180 ◦C, in order to ensure good adhesion of the SU-8 resist to the silicon substrate.
PDMS was obtained mixing the two agents in a ratio of 10:1.3 by volume (base and curing
agent, respectively), and degassed in a desiccator for about 20 min to remove air bubbles. It
was then poured over the master mould and left to cure for 5 hours at 60 ◦C. Once solidified,
access holes were punched at both ends of the microchannel and the PDMS piece was cut to
size. To bond the PDMS block to the SOI chip, oxygen plasma was used for creating free
OH groups on the PDMS surface (plasma activation) [98]. This was done using our in-house
RIE system, where oxygen was used as the feed gas. Different recipes were explored, finding
the best results (high reproducibility and strong bonding) when using a pressure of 9.9x10−2
mBar and a RF power of 22 W. The activation time was 20 seconds, as higher times lead
to the formation of a glassy layer which decreases the quality of the adhesion [99]. After
activation, the PDMS block is brought into contact and aligned with the SOI sample to from
a covalent siloxane (Si-O-Si) irreversible bond [99]. Note that in parallel, the SOI sample has
been piranha cleaned for 10 min (7:3 ratio H2SO4 to H2O2) to ensure that the surface is free
from organic material, whilst adding OH groups on the silicon surface. Finally, it is placed
in a 135 ◦C for 3 hours to obtain a strong bond. Figure 3.9 shows two images of the finished
sample. The diameter of the access holes is 2 mm, while an inlet tube diameter of 2.4 mm is
employed to ensure the sealing of the channel. The volume of the flow cell is approximately
20 µL.
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Figure 3.9: SOI sample with integrated microfluidics. A) A PDMS microchannel is bonded
onto SOI to ensure the delivery of the liquid sample to the silicon sensor surface of the chip.
B) The microchannel is aligned to the optical structures which perform the sensing. Access
waveguides take light to and from the sensors.
3.3 Electrochemistry
By definition, electrochemistry is the study of the interaction between electrical energy and
chemical change. It is mostly focused on studying the principles of chemical reactions which
take place at the interface of an electrode, typically a metal or a semiconductor, and an elec-
trolyte [100]. Here, we provide a brief description of the processes involved at this interface,
along with a presentation of the specific electrochemical technique that underpin this project.
3.3.1 Semiconductor-electrolyte interfaces
As at metal-electrolyte interfaces, when a semiconductor electrode is brought into contact
with an electrolyte, electrons flow between these two media until equilibrium of the two
electrochemical potentials is reached. The equilibrium is reached when the Fermi energies of
the two media are equal, meaning that the electric field at all interior points must be zero (no
net movement of charge carriers). The rearrangement of carriers occurs close to the interface,
and directly depends on the particular materials (electrode and electrolyte) involved. This
rearrangement results in a potential difference at the interface (interfacial potential).
Due to the fact that the conductivity of semiconductors is typically lower than that of most
electrolytes, the majority of the potential drop occurs in the boundary layer of the semicon-
ductor electrode while just a portion on the solution side of the interface [101] (figure 3.10).
This is very similar to what occurs at semiconductor-metal interfaces 4.3.
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Figure 3.10: Illustration of the potential at the semiconductor-solution interface. The
majority of the potential drop occurs in the boundary layer of the semiconductor while just
a portion on the solution side of the interface.
This variation of the electrostatic potential (φ(x)) around the interface results in a bending
of the energy bands inside the semiconductor, as the potential contributes to the electronic
energy (−e0φ(x)). The application of a potential difference (φ) across the semiconductor-
electrolyte interface changes the electrostatic potential at the interface (φs), depending on
the magnitude and direction of the applied bias. In a n-type semiconductor, if φs > 0, the
conduction and valence bands in the semiconductor bend downwards thus the concentration
of electrons in the conduction band is enhanced (figure 3.11,a). This interfacial region of high
electron density is known as the ”enrichment layer”. If φs < 0, the bands bend upwards,
creating a ‘depletion layer’ at the surface where the concentration of electrons is reduced
(figure 3.11,b). With large biases, the concentration of the holes in the valence band can be
enhanced at the electrode boundary, forming an ”inversion layer” (figure 3.11,c). Finally, the
particular potential at which the electrostatic potential is constant throughout the semicon-
ductor φ(x) = 0, is known as the ”flat-band potential”, which equals the potential of zero
charge.
In some cases, a molecule either in the electrolyte itself or immobilised to the electrode
surface, can undergo reduction-oxidation (redox) reactions. These types of reactions involve
an exchange of electrons between two species, here the semiconductor electrode and the redox
active molecule. In these situations, the equilibrium between the charge on the semiconductor
surface, and the localised concentration of redox species at the boundary of the electrolyte
with the semiconductor, is reached when the Fermi energy is aligned in between the energies of
the reduced and oxidised species (figure 3.12, a). As the conductivity of doped semiconductors
is usually well below that of the electrolyte solution, the positions of the band edges in the
semiconductor region are not modified with respect to the electrolyte/immobilised molecule
when the potential (η) is modified. However, the relative position of the Fermi level in the
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Figure 3.11: Band bending at the interface between a n-type semiconductor and electrolyte.
A) Enrichment layer, B) Depletion layer and C) Inversion layer.
semiconductor is changed, and so is the density of carriers on the semiconductor surface
(figure 3.12, b).
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Figure 3.12: Energy diagram for a redox reaction at the interface of an n-type semicon-
ductor with an electrolyte. A) At equilibrium, the Fermi levels of the semiconductor and of
the redox species are equal. B) After the application of a positive overpotential (η > 0), the
relative position of the Fermi level in the semiconductor is changed.
The solution side of this interface also needs to be considered. When an electrode (either metal
or semiconductor) is brought into electrical contact with a solution, an electrical double-layer
capacitance will be formed on the electrode-electrolyte interface. The origin of this double-
layer arises from the accumulation of solvated ions in the solution side to screen the electrode
surface charge. The Helmholtz [102] model simulates this structure by a capacitor. Figure
3.13 displays its structure, where the IHP is the inner Helmholtz Plane which consists of
solvent molecules, and any specifically adsorbed ions, and OHP the outer Helmholtz Plane
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defined by the centre of the solvated cations. Then a diffuse layer is considered extending
from the OHP to the bulk of the solution as these interfacials effects no longer take place.
IHP OHP
Solvated
cation
Diffuse layer
-
-
-
-
-
-
-
Solvent molecule
+
+
+
+
+
-
+
Figure 3.13: Schematic of the electrochemical double layer. The green trace illustrates the
trend of the potential developed at the IHP, OHP and diffuse layer.
3.3.2 Electrochemical measurements
For electrochemical measurements, the conventional approach of measuring the voltage drop
across two points is invalid due to the potential that develops as a result of insertion of an
electrode into an electrolyte. To account for this electrode potential, a third electrode needs
to be included into the system. This electrode presents a potential relative to the solution
which is known and stable, thus subsequent measurements will be normalised to it, and hence
the name ”reference electrode”.
In most electrochemical measurements, three electrodes are employed in the measurement
cell (figure 3.14). These electrodes are known as the working electrode (WE), the counter
electrode (CE), and the reference electrode (RE). In this common arrangement, current is
sourced from the counter electrode and reactions are measured at the working electrode
(which is the silicon substrate in our work). The potential required at the working electrodes
is supplied relative to the reference electrode.
Reference electrodes are commonly assembled with a metal and a metal salt surrounded by
an electrolyte solution, and with a porous membrane allowing implementation of the ionic
circuit [103]. Furthermore, they present a very high impedance to prevent current flow into
them. In order to prevent leakage of soluble ions from the electrolyte of the reference electrode
to the electrolyte in the three terminal electrochemical cell, a double junction silver/silver
chloride (Ag/AgCl) was employed in our setup. This double junction electrode consists of two
electrodes, where one (inner electrode) is encapsulated in a glass shell inside the second one
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Figure 3.14: Three terminal electrochemical cell. Reactions are measured at the working
electrode (WE), and current is supplied at the counter electrode (CE). The potential required
at the working electrodes is generated relative to the reference electrode (RE).
(outer electrode). In our case, both inner and outer electrodes contain the same electrolyte,
which is KCl at a concentration of 3.5 M. Finally, the three electrodes are connected to
a potentiostat (EmStat, Palmsens) which is able to measure current flow while applying a
voltage relative to the reference electrode.
The complete three terminal setup can be decomposed into equivalent electrical elements that
models the double layer capacitance, electrolyte resistance and the impedance associated with
a redox reaction. For our system, we have employed equivalent circuit based on the commonly
used Randels’ circuit [104] adapted to model semiconductor electrodes (figure 3.15), which is
provided to help understanding of the electrical properties of the system employed throughout
this thesis. More complex electrical circuit models can be applied to precisely characterise
the associated impedance/capacitance [105].
R1
C1
R2 R3
C2
R4
CE/RE
Silicon InterfaceContact Solution
WE
Figure 3.15: Equivalent circuit based on the Randels’ circuit adapted to semiconductor
electrodes. R1 represents the Ohmic contact resistance and the resistance of the silicon, C1
and R2 represent the capacitance and the resistance of the depletion region of the silicon,
respectively, C2 the double layer capacitance, R3 the resistance impedance associated with
the Faradaic process and R4 the solution resistance.
In this simple circuit model, R1 represents the Ohmic contact resistance and the resistance
of the silicon, C1 and R2 represent the capacitance and the resistance of the depletion region
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of the silicon, respectively, C2 the double layer capacitance, R3 the resistance impedance
associated with the Faradaic process (known as the charge transfer resistance) and R4 the
solution resistance.
3.3.3 Cyclic Voltammetry
One of the most basic and common techniques of electrochemical analysis is Cyclic Voltam-
metry (CV). In this technique, the potential of the working electrode is cycled between two
potentials at a constant rate. In parallel, the current is continuously monitored through the
counter electrode. Through a Faradaic process, certain potentials at the working electrode
may give electrons enough energy to tunnel in and out of the solution and change the redox
state of the present species. An example of a CV measurement using a surface immobilised
electroactive molecule [1] is shown in figure 3.16, using a 1020 cm−3 n-type doped silicon
electrode.
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Figure 3.16: Cyclic Voltammetry (CV) of the redox molecule published in [1] on a 1020
cm−3 n-type doped silicon substrate as electrode (100mM sodium phosphate buffer (pH 7)
as electrolyte) at a 50 mV s−1 scan rate. The positive and negative current peaks observed
using are indicative of electrochemical oxidation and reduction of MB.
In figure 3.16, 100mM sodium phosphate buffer (pH 7) was used as electrolyte, using a
Ag/AgCl double junction reference electrode and a scan rate of 50 mV s−1. Initially (Ewe vs
Ag/AgCl = 0.5 V), the system is at a stage where no redox activity is occurring and all of the
immobilised redox-active molecules are in an oxidised state. When the potential is gradually
ramped down, the redox molecule starts to undergo reduction as electrons in the electrode
begin to tunnel to the redox molecule. The rate of this reaction peaks, in figure 3.16, at a
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potential of Ewe vs Ag/AgCl = -0.35 V. As the potential is decreased further, every single
molecule on the surface is reduced, thus the redox current decreases as no further molecules
can be reduced. When the direction of the potential sweep is reversed, the reverse reaction
occurs; electrons now tunnel from the immobilised redox system to the electrode.
The separation between the peak oxidation and reduction potential relates to the over poten-
tial that needs to be applied so electrons can tunnel in and out of the silicon electrode through
the depletion layer (for a metal electrode where there is no surface depletion, the separation is
ideally zero). The charge transferred during reduction/oxidation processes can be employed
to calculate the total number of molecules immobilised on the surface as explained in 4.6.
Cyclic voltammetry can also be used to determine different ions present in the solution (as
different ions exhibit different redox potentials), and furthermore, it is a useful tool to assess
the state of cleanliness of the working electrode.
3.4 Electro-optical characterisation setup
Our experiments were carried out in a modified end fire (method of coupling two waveguides
for optical fibers or integrated optical circuits by placing the two up against one another)
transmission setup, modified to enable simultaneous electrochemical measurement. Light
from a single mode fibre coupled to a broadband amplified spontaneous emission (ASE) source
(1520-1620 nm, 54 mW peak optical power) was collected and collimated by an aspheric lens
and splitter cube to a 60x lens. The spot from this lens was focused onto an access waveguide
(approximately 5 µm width) on the edge facet of the fabricated SOI chip. The required
alignment was performed using an infrared camera with a 20x objective, while illuminating the
sample with a white light source. Light propagating through the sample to the back facet was
then collected and collimated by a 40x lens, and sent through free space to a focusing aspheric
lens onto the facet of a single mode fibre. This light was finally split using a splitter fibre to
an optical spectrum analyser (OSA). Continuous measurements of the transmission spectrum
were taken with the OSA, where the resonance wavelength is continuously Lorentzian fitted
and monitored using Labview TM. A positive displacement syringe pump and sample injection
valve (with 6 ports) were used to ensure a controlled delivery of samples through the inlet
and outlet ports of the microfluidic channel. Unless otherwise stated, the flow rate employed
throughout this thesis was 20 µL/min. The silicon substrate was used as the electrochemical
working electrode and, via a potentiostat, the potential of the silicon electrode was controlled
relative to that of an Ag/AgCl double junction reference electrode (with KCl at 3.5 M as
electrolyte), while a platinum counter, electrode completed the circuit (figures 3.17 and 3.18).
I note that no temperature control was incorporated in this setup as the high reproducibility
of the results was deemed sufficient at this design/test phase. However, to further reduce the
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noise level of the system and therefore improve its performance in biosensing applications, a
temperature control unit would probably be required.
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Figure 3.17: Electro-optical characterisation setup. TE polarised light is focused onto
sample edge facet using aspheric lenses. Light collected from back facet split between OSA
and photodetector. The alignment is optimised using the photodetector signal. A syringe
pump and a valve are used to control the fluidics, while the electrochemical functionalities
are controlled via a potentiostat.
3.5 Summary
In summary, the first half of this chapter is devoted to present the fundamentals of the fab-
rication process followed to fabricate our bi-domain sensors. Firstly, the silicon layer of the
SOI substrate is doped to allow electrochemical measurements, which is then followed by a
deposition of metal contacts thus electrons can efficiently tunnel into the substrate. Once
the electrical properties are modified, optical structures are etched in this silicon layer trough
electron beam lithography and reactive ion etching. Finally, to ensure adequate delivery of
sample to the sensor surface, a PDMS microfluidic channel is bound to the device. The sec-
ond half of the chapter describes the principles of electrochemistry, focusing on semiconductor
electrodes. The electrical charge distribution on both sides of the semiconductor-electrolyte
interface is presented, showing how the semiconductor side has a bigger impact on device per-
formance. The requirements for electrochemical measurements are also discussed, and finally,
the electrochemical technique used in our experiments (Cyclic Voltammetry) is introduced.
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Figure 3.18: Picture of the electro-optical characterisation setup. The main elements of
the setup (lenses, microfluidics pump, valve, sample and electrochemical cell) have been
highlighted.
Chapter 4
The electro-photonic silicon
biosensor
This chapter describes the characteristics of our dual-mode biosensor that combines electro-
chemical and photonic detection on the same silicon substrate. The chapter starts with a
comparison between two different approaches for combining sensing domains and highlights
their limitations and advantages. Following this comparison, the option followed in our work,
namely selective doping of the silicon substrate, is studied and characterised in detail from
electrical, electrochemical and photonic points of view. The optimised system is presented
alongside a proof-of-principle experiment. The chapter concludes with a discussion of the
limitations of our approach and a comparison of the electro-photonic sensor with related
bi-domain sensing techniques.
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4.1 Alternatives
Analytical technologies that combine information from multiple sensing domains offer a num-
ber of important advantages, as discussed in 2.4. For example, multi-domain technologies can
provide deeper understanding of molecular and biomolecular processes [76, 106, 107]. In this
section, we focus on technologies that enable the integration of electrochemical and photonic
sensing techniques on the same silicon photonics platform.
The challenge associated with combing electrochemical and photonic sensing in a single plat-
form concerns the appropriate choice of materials and sensor architecture. Photonic sensors
require materials that can be patterned to create the desired optical structures and that
exhibit a high refractive index contrast with the surrounding material to ensure confine-
ment of the optical mode. In order to support electrochemical measurements, materials are
required that facilitate electron transfer between the electrode and an analyte and are elec-
trochemically inert over a wide potential window. Here I discuss two approaches for meeting
these different material requirements: 1) depositing an optically transparent and conductive
layer on top of an optical compatible substrate, and 2), tuning the properties of an optical
compatible substrate so that it also supports electron transport.
Conductive optically transparent layer on a silicon photonics device
Arguably the simplest approach for combining photonic and electrochemical sensing is to em-
ploy two materials, one to confine the optical mode and the other to facilitate electrochemical
analysis, for example an SOI substrate coated with a layer of indium tin oxide (ITO). Here
the SOI confines the optical signal for optical sensing while the electrically conductive and
transparent ITO layer permits electrochemical measurement while enabling penetration of
the optical mode into the supporting analyte. This approach is relatively simple to fabricate
and is based on established materials. For example, ITO has been employed widely in the
literature as an optically transparent electrode material [108], and has been demonstrated
in a range of biosensing applications [109–111]. Furthermore, ITO is employed in Optical
Waveguide Lightmode Spectroscopy (OWLS) in order to combine optical and electrochemi-
cal measurement [76], as discussed in 2.4.
In the SOI-ITO scheme, light coupled into the media will propagate through the patterned
SOI substrate while electrochemical reactions will be controlled and measured at the ITO
electrode. The evanescent tail of the optical signal will penetrate across the ITO layer sensing
these reactions to transduce them to the optical domain. However, as a portion of the optical
mode now propagates through the ITO film, there is potentially an associated reduction in
sensitivity due to the reduced interaction between the optical mode and the analyte. To
quantify this loss in sensitivity, 3D finite-difference time-domain (FDTD) simulations (using
MEEP [112]) were performed to explore the viability of this approach.
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In these simulations, a photonic crystal cavity device (in which a row of three holes is removed
from the lattice, also known as ”L3” type cavity) was chosen as the optical sensor [113]. This
sensor was chosen for two reasons. Firstly, the L3 Phc device has a planar architecture
ensuring that a continuous ITO conductive layer can be deposited across the sensor surface,
facilitating electrical contact. Secondly, the optical mode is confined in the silicon rather
than in air; in contrast, those PhC configurations where sensing is performed in an air cavity
([46, 114]) are incompatible with addition of a conductive layer.
Two different scenarios were considered to evaluate this technology. First, as shown in figure
4.1 a), the sensitivity of the sensor to a uniform 15 nm thick layer of variable RI was evaluated.
Here, the thickness of the overlayer was chosen to simulate a densely packed layer of antibodies
immobilised on the sensor surface. In the second scenario (fig. 4.1 b), the sensitivity was
assessed as a function of the thickness of a uniform overlayer of constant refractive index.
Again, the RI of this layer was chosen to match that of a layer of antibodies. In both cases, a
30 nm thick film of ITO was considered as for such a thickness, the ITO electrical resistivity
is sufficiently low [108] to support electrochemical reactions.
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Figure 4.1: Cross profile sections of the simulated L3 PhC biosensors scenarios.
When the sensor with 30 nm thick film of ITO was simulated, a high reduction of the sensing
performance was observed. A sensitivity of 2.95 nm/RIU was obtained, which compares
poorly to the 5.46 nm/RIU observed with the SOI device without ITO film. In the second
situation, 0.11 nm/nm (nm of optical shift against nm of overlayer thickness) was achieved,
corresponding to a 35% reduction in sensitivity. These results clearly demonstrate that the
sensing performance is highly diminished by the addition of the ITO layer and is thus not
ideal for the realisation of a highly sensitive multi-modal sensor.
Single electrochemically and optically compatible substrate
As an alternative to employing two materials, one for each sensing domain, I investigated
multi-modal sensing based on a single material whose properties have been tuned to support
both photonic and electrochemical measurements. SOI is an excellent candidate material to
meet this criterion. Silicon is a semiconductor with a refractive index around 3.47 (at 1550
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nm). It is thus ideally suited for the fabrication of integrated optical components. Further-
more, by doping of the silicon substrate, it is possible to tune its conductivity sufficiently to
enable its use as an electrochemical electrode [101]. This modification of the electrical proper-
ties of the substrate is not possible with all optically compatible substrates, as is silicon nitride
(SI3N4). For this reason, and even the advantages of silicon nitride for optical biosensing ap-
pilications (low water absorption at visible and near-infrared wavelengths, compatibility with
CMOS processes, etc. [115]), we considered silicon as the best candidate. Using SOI alone it
is thus possible to create a technology that enables electrochemical control over the surface of
the sensor in situ with optical sensing. This approach eliminates the loss in sensitivity inher-
ent with the inclusion of additional ITO layer, as the sensing layer of the device is interfaced
directly with the analyte. Furthermore, the fabrication process remains CMOS compatible;
a critical advantage for future technology translation and commercialisation.
There is, however, a conflict; the electrical and optical properties of the silicon substrate are
related. For example, a highly doped substrate optimised for high electrical conductivity
has a negative impact on the optical properties. This issue is attributed to the fact that the
doping process increases the number of impurities in the crystalline silicon layer, which in turn
increases the free carrier loss [116, 117]. This increase directly impacts on the performance
of a resonant cavity and ultimately, if the doping levels are high enough, could completely
inhibit propagation of the optical signal through the substrate. A solution to this tradeoff is
to control the spatial distribution of dopants in the silicon device layer (fig. 4.2). Instead of an
even doping profile through the silicon layer, I have optimised the doping process to produce
a highly doped thin film located at the top surface of the silicon layer while the remainder
of the silicon layer remains undoped. This is a very appealing and elegant solution. From
an optical point, just the tail of the confined optical modes interacts with the thin doped
layer, so the overall optical loss is minimised. From an electrochemical viewpoint, the surface
layer can be sufficiently highly doped to support electron transfer to/from a solution-phase
analyte.
The theory needed to understand the basics of electrochemical and photonic sensing using
semiconductors has already been presented in 3.3.1. The following sections describe tuning
the electrical properties of the silicon layer to meet with both the electrical and optical
requirements.
4.2 Profile controlled n-type doping
Given the conflict between the electrical and the optical properties of the substrate, it
is clear that the doping concentration is a key parameter for the correct behaviour of
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Figure 4.2: Introduction of conductive impurities into the silicon layer of a SOI substrate.
The red line in the silicon layer represents the doping profile and the broken black line
represents the propagation of the electric field.
the device. This section is focussed on optimising the doping concentration and doping
profile in the silicon layer, which is a key parameter in the design of our biosensor.
A number of characterisation techniques were employed to characterise in detail this
doping from electrical, electrochemical and photonic points of view. It was decided to
dope the silicon device layer n-type as a given electrical conductivity can be obtained
with lower impurity concentration compared to p-type doping. As discussed in section
3.2.1, the doped samples were fabricated by diffusion doping, which allows the incor-
poration of dopant molecules into the silicon layer at high temperature by means of a
phosphorous gas flow. While ion implantation is the most commonly used approach
to Si doping, implantation leads to significant damage of the lattice structure, some
of which may persist even after annealing, which results in an increased optical loss of
our system. However, in diffusion doping, optimising the phosphorous gas flow, tem-
perature and exposure time, the incorporation of dopants can be controlled to produce
a non-uniform doping distribution [88], as a natural result of Fick’s law.
Typically, diffusion doping is used to produce an almost even doping profile in the
silicon layer [91]. However, by optimising the phosphorous gas flow, temperature and
exposure time, the incorporation of dopants can be controlled to produce a non-uniform
doping distribution [88].
Here, the diffusion doping process was optimised to create a concentration profile with
a sharp gradient i.e. a highly doped thin film in the top of the silicon layer, with
ideally no dopants being present in the bulk device layer. This profile ensures a de-
pletion region thin enough to ensure electrons can tunnel between the silicon electrode
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and the analyte, while minimising optical loss. The formation of a highly doped sur-
face layer also simplifies the fabrication of the Ohmic contacts to the silicon electrode.
The optimised doping process is outlined in figure 4.3. This process includes the re-
quired cleaning and native oxide removal steps required to obtain optimal electrical
performance.
In consequence, we optimised the doping step of our samples to obtain the desired
impurity gradient adjusting the gas flow, temperature program and exposure time. We
found optimal results (sharp doping gradient) allowing both electrochemical measure-
ments and fabrication of ohmic contacts, without forgetting the constraint of having
a low optical loss (as shown in section 4.5), with the process described in figure 4.3.
This process includes the required cleaning and dioxide removal steps to obtain optimal
electrical performance.
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Figure 4.3: Profile controlled n-type doping process. A) The sample is piranha cleaned for
10 minutes before the native oxide layer is removed by dipping the sample in diluted HF (1:6
in DI water) for 30 seconds. B) Sample and dopant source are placed on a fused quartz boat
and introduced into the furnace tube under a N flow of 0.2 sccm. C) Temperature program
to achieve the desired doping profile. D) Once cooled, the sample is again piranha cleaned
and dipped into dilute HF (1:6 in DI water) for 10 seconds to remove the thin glassy product
obtained in the top of the silicon layer from the doping process (deglazing).
4.2.1 Bulk doping characterisation
The overall doping concentration of our silicon device layer was characterised by mea-
suring the sheet resistance, and normalising to the measured thickness of the device
layer to obtain the resistivity of the film. Finally, the doping density is estimated by
evaluating the mobility model of Klaaseen [118, 119] for a n-type silicon substrate. The
sheet resistance was measured using a conventional a four-point probe method. This
measurement of resistance is commonly employed in the semiconductor industry and
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relies on separate pairs of current-carrying and voltage-sensing electrodes as illustrated
in figure 4.4. Current is supplied by an external source and a voltage drop is generated
and measured across the contact points.
t
Substrate
V
I
Figure 4.4: Four point setup station schematic. Current flows between the outer probes
while the inner ones sense the induced voltage in a substrate/film with a thickness t.
Considering the current and voltage reading from the probes [120], the sheet resistivity
can be estimated as 4.1, while the bulk resistivity, which considers the thickness of
the film, is given by 4.2. Consequently, it is possible to utilise this technique, together
with equation 4.2, to estimate the overall doping density of our in-house fabricated
samples. We measured two samples, S1 and S2, obtained from the same fabrication
batch (process shown in figure 4.3).
ρ(
Ω

) =
π
ln(2)
V
I
(4.1)
ρ =
π
ln(2)
t
V
I
(4.2)
In equations 4.1 and 4.2, ρ represents the sheet resistance, V and I are the volt-
age/current readings of the instrument, t is the thickness of the film and ρ is the bulk
resistivity. The simple second formula 4.2, is only valid when the thickness of the
substrate is less than half the probe spacing [121], which in our four-point station cor-
responds to a maximum thickness of 500 µm. Since we are probing a SOI substrate
where the device layer is 220 nm thick, the formula 4.2 is valid.
Two samples, S1 and S2, were placed one behind the other in the direction of the
gas flow. The dopant source was placed in front of the samples, as in 3.3). The
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measured sheet resistance for sample S1 and S2 after doping were 4800 Ω/ and 6200
Ω/, respectively. These values compare well with the performance data provided
by the manufacturer of the n-type dopant source (see section 3.2.1). We note that
the higher sheet resistance observed for S2 is in part related to the location of the
samples in the furnace; diffusion of dopant molecules to S2 was inhibited by S1. The
resistivity of S1 and S2, calculated using equation 4.2, was found to be 0.105 Ω cm
and 0.135 Ω cm, respectively. Finally, the overall doping densities of the samples were
estimated by [118, 119], yielding values of 7.5x1016cm−3 and 5.2x1016cm−3 for S1 and
S2, respectively.
4.2.2 Doping profile characterisation
Using this four point probe station, we were also able to characterise the doping profile
of our samples with the assistance of an in-house ellipsometer. This characterisation
was achieved by measuring the sheet resistance at different depths within the silicon
layer of our substrates, and extracting the thickness of each layer through ellipsometry.
Ellipsometry is an optical technique for investigating the dielectric properties of thin
films, which measures the change of polarization upon reflection or transmission and
compares it to a model that takes into account properties of the film as the thickness
or refractive index. Nevertheless, before calculating both resistivity and doping density
as previously performed in 4.2.1, a consideration needs to be taken into account. As
the four point setup relies on the characteristics of the electric field applied between
the outer probes, it has to be considered that this electric field will have a certain
penetration depth in the substrate (illustrated in figure 4.5) which could be as large as
the thin silicon layer of our device.
This means that the instrument will provide a reading which will be an average of
the resistivity measured by the whole electric field. This is very detrimental in our
scenario, as the resistivity has a gradient through the silicon substrate and we are not
able to know the sheet resistance at each depth. Our solution to overcome this issue is
to model the substrate as a group of resistances in parallel where each one represents
the resistivity ([Ωcm]) of a layer (figure 4.6).
To find the resistivity of each of these layers, we sequentially dry etched the silicon
layer using RIE (3.2.4) and measured the sheet resistance after each etch (as shown in
fig. 4.7). Subsequently, the resistivity of each layer was modelled as two resistances in
parallel, one representing the current layer, d, and one the resistivity of the lower layer,
d-1. The total resistivity is then given by: (
1
Req
=
1
Rdepth d
+
1
Rdepth d−1
). This means
The electro-photonic silicon biosensor 83
V
I
Figure 4.5: Illustration of the electric field’s penetration in a four point probe measurement
station.
Doped Si
Rdepth d
Rdepth d-1
Figure 4.6: Modelling of the resistivity of a substrate at different depths with resistances
in parallel. Each of the resistances represent the resistivity of a certain layer within the film.
Rdepth d represents the deepest resistance.
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that we worked backwards from the resistivity of the deepest etched layer to the silicon
surface. A total of three samples were measured, as shown in figure 4.7, two of them
diffusion doped to an overall doping concentration of 7.5x1016cm−3 and 5.2x1016cm−3,
and an undoped sample as a reference to evaluate the intrinsic doping of the substrate.
−40 −30 −20 −10 0
10
3
10
4
10
5
10
6
10
7
10
8
10
9
Depth [nm]
S
h
e
e
t 
R
e
s
is
ta
n
c
e
 [
Ω
/[
] 
] 
 
 
S1
S2
Undoped
Figure 4.7: Sheet resistance of three different samples (Undoped, S1
(ND S1=7.5x10
16cm−3) and S2 (ND S2=5.2x10
16cm−3) at different depths. The etch
thickness was measured using ellipsometry. Error bars have not been included in this figure
as they are smaller than the represented data points.
In figure 4.7, the intrinsic doping profile of the undoped silicon sample is shown in red,
whereas the doped samples, S1 and S2, are shown in blue and green. At depths greater
than 2 nm below the surface, the undoped sample is seen to have a uniform carrier
density of 1x1014cm−3, typical of intrinsic silicon [122]. The low resistivity observed
in the first 2 nm from the surface is likely related to the presence of surface states
commonly seen in this kind of substrate [123]. The sheet resistance at the surface of
the doped samples is two orders of magnitude lower in the doped samples than in the
undoped one. Furthermore, the sheet resistance is lower than that of the undoped
sample in the first 25 nms, meaning that the doping is only present in the first 25 nms
of the silicon layer and it has not diffused further in the layer as originally desired.
The electro-photonic silicon biosensor 85
From the depth distribution of the sheet resistance, it is possible to also calculate how
the resistivity changes with depth into the silicon device layer through equation 4.2
and considering the model shown in figure 4.6 as explained above (figure 4.8).
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Figure 4.8: Resistivity over thickness of three different samples (Undoped, S1
(ND S1=7.5x10
16cm−3) and S2 (ND S2=5.2x10
16cm−3) at different depths. The resistivity
was obtained normalising the sheet resistance over the thickness of the layer and considering
a group of resistances in parallel for each depth. Error bars have not been included in this
figure as they are smaller than the represented data points.
Subsequently, we can numerically obtain the doping density at each layer by evaluating
the resistivity value in the mobility model of Klaaseen [118, 119]. The result is shown
in figure 4.9.
As depicted in figure 4.9, a highly doped thin film is obtained at the top 20 nm of the
silicon layer following the diffusion doping technique discussed in 4.2, which satisfies
the desired doping discussed in 4.1. By integrating these doping values over the en-
tire silicon layer, the overall doping densities are calculated to be 7.3x1016cm−3 and
5.05x1016cm−3, which compare well to the measured values of bulk doping density
(7.5x1016cm−3 and 5.2x1016cm−3, for samples S1 and S2, respectively). In sections 4.3
and 4.5, we validate how the device fulfils the requirements for both electrochemical
and optical domains.
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Figure 4.9: Estimated doping concentration of three different samples (Undoped, S1
(ND S1=7.5x10
16cm−3) and S2 (ND S2=5.2x10
16cm−3) at different depths. The values were
obtained by evaluating the results shown in figure 4.8 in the mobility model of Klaaseen
[118, 119]. Error bars have not been included in this figure as they are smaller than the
represented data points.
4.3 Ohmic contacts on silicon
Metal-semiconductor contacts are an integral part of any electronic integrated device
and are required for the transfer of charge carriers between the device and external
components. There are two types of metal-semiconductor junctions: rectifying and
non-rectifying.
A rectifying junction, commonly known as Schottky barrier, is characterised by an
asymmetric current-voltage response which allows carriers to flow in just one direction
[124]. Such contacts have been used to create diodes as, charge carriers can diffuse
in only one direction across the metal-semiconductor interface. Most commonly non-
rectifying junctions are desired where charge can move freely and in both directions
between the metal and semiconductor. These non-rectifying contacts display a linear
current-voltage response and are thus named Ohmic contacts, as they obey Ohm’s Law.
Ideally, Ohmic contacts should exhibit an extremely low contact resistance compared
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to the total resistance of the semiconductor material [125] and should not distort or
limit the performance of the device. There exist two approaches for fabricating Ohmic
contacts. One is based on lowering the height of the interfacial potential barrier through
alloy compounds made of properly annealed materials [125], the other one, as exploited
here, uses high doping of the semiconductor in order to minimise the barrier width to
enable efficient tunnelling of electrons across the metal-semiconductor interface. This
process is illustrated schematically in figure 4.10, B).
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Figure 4.10: Energy band diagram of a metal and a semiconductor before (A)) and after
(B)) contact. Here, the interface is depicted as perfect. EF represents the fermi level,
while EC and EV represent the energy levels of both conductance and valence bands in the
semiconductor, respectively. The work functions of metal and semiconductor are represented
by ΦM and ΦS , respectively; while the barrier height after they are brought in contact is
referred as ΦBn. In B) the depletion region is illustrated at the metal-semiconductor interface.
In our case, both the Fermi level and the work function of the doped silicon layer can
be calculated numerically through equations 4.3 and 4.4, respectively [126].
EF = Ei + kT ln
ND
ni
(4.3)
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ΦS = (Eg + χ)− EF (4.4)
In equation 4.3, Ei, k, T , ND and ni are the intrinsic Fermi level, Boltzmann constant,
temperature, doping concentration and intrinsic carrier density respectively. The band
gap energy of the semiconductor is represented by Eg. χ is the electron affinity (energy
required to remove an electron from the bottom of the conduction band to the vacuum
level) in equation 4.4. Assuming room temperature (T = 300◦K), Ei for silicon is
equal to 0.56 eV measured relative to the top of the valance band, kT=0.0258 eV ,
ni ≈1x1010cm−3, Eg=1.12 eV and χ=4.05 eV .
Considering ND = 7.5x10
16cm−3, EF equals to 1.28 eV . Thus Φhighly doped is 3.89 EV .
Therefore, in order to obtain an ohmic contact to the silicon, we need to chose a metal
material which shows a similar (or smaller) work function energy level. This is the case
of aluminium (Al), whose work function has a value of 4.08 eV and which has been
widely employed for this propose [127].
Thermal evaporation (described in section 3.2.2) was used to fabricate the Al Ohmic
contact to our device. Before loading the samples into the evaporator, the samples were
cleaned and the native oxide removed to eliminate any insulating barrier at the metal-
semiconductor interface. Cleaning consisted of a 10 minute piranha clean (H2SO4:H2O2
mixture at 7:3 ratio) followed by a 30 second dip in diluted HF (1:6 in DI water).
Samples were then loaded in the evaporator and a 200 nm thick layer of aluminium was
deposited (this thickness was chosen to provide enough robustness to prevent damage
to the contact). The Al layer was further protected to prevent oxidation of the contact
and damage during later stages of the fabrication process, particularly during bonding
of the microfluidic channel (section 3.2.5). Evaporated layers of 20 nm nickel and 200
nm gold were found to be suitable for this purpose. The inclusion of nickel is required
to avoid the growth of an insulating intermetallic layer between aluminium and gold
and to improve gold adhesion [128]. This contact fabrication process is illustrated in
figure 4.11.
Figure 4.12 shows the current-voltage characteristics of a pair of fabricated contacts.
Contacts were formed on a sample with a bulk doping density of 7.5x1016cm−3 and
the same doping profile as presented in 4.2. The I-V characteristics of the fabricated
contact are linear across the entire voltage range, characteristic of Ohmic behaviour
(i.e. no rectification at the interface). This behaviour means that electrons coming from
the metallic probes can efficiently tunnel into the silicon layer through the deposited
contact pads. The resistance of the contact is 327 Ω, which is calculated from the
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native dioxide removal 
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Thermal evaporation
Figure 4.11: Ohmic contact fabrication process. A) The sample is piranha cleaned for 10
minutes and then the native oxide layer is removed by dipping the sample in dilute HF (1:6 in
DI water) for 30 seconds. B) Sample is masked to expose the contact area and loaded in the
chamber for evaporation. C) Following the evaporation of the three metal layers (Al, Ni, Au)
of the contact, the sample is unloaded and is ready to be used for electrical/electrochemical
measurements.
gradient of the current-voltage relation shown in 4.12. The resistance of the doped
substrate (96 Ω) is subtracted to the current-voltage relation (750 Ω), and then the
result is divided by two to account for both contacts.
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Figure 4.12: I/V curve of a fabricated sample with a doping density of 7.5x1016cm−3.
Here, metallic probes are brought in contact to each of the pads and the voltage is swept
from -1.8 V to 1.8 V while the current is recorded. Error bars have not been included in this
figure as they are smaller than the represented data points.
Having demonstrated Ohmic contacts, it was also possible to further characterise the
doped silicon device layer by performing Hall effect measurements enabling a direct
measure of both the carrier density and mobility [129, 130]. Hall measurements were
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performed using the van der Pauw method which requires a sample with four Ohmic
point contacts placed at the periphery of the sample (as shown in figure 4.13). Figure
4.14 shows the linear current voltage characteristics of the van der Pauw sample (here
using a silicon substrate with a doping density of 7.5x1016cm−3 as measured using the
four point probe method) when current is sourced between each pair of contacts.
Metallic probes
a b
c d
Figure 4.13: Schematic of the van der Pauw electrode geometry employed for Hall effect
measurements. Ohmic contacts with the same size are fabricated at each corner of the sample
(named a,b,c and d), enabling connection to an external Hall effect measurement system.
Briefly, the Hall effect is measured by sourcing a current between a pair of electrodes,
while a magnetic field is applied in a direction transverse to the current. The Lorentz
force acting on the moving charges due to the magnetic field results in the accumulation
of charge on one side of the substrate. By measuring the magnitude of this potential
difference (figure 4.14) as a function of current and magnetic field strength it is possible
to determine the polarity of the doping (n-type or p-type), the doping density and the
charge mobility [129, 130]. The sheet carrier density can be then calculated, and
subsequently the doping concentration considering the thickness of the sample.
Here a Hall effect measurement was performed on a sample diffusion doped to a density
of 7.5x1016cm−3 as measured using the four point probe method. Hall measurements
yielded a bulk carrier concentration of -6.5x1016cm−3 (where the negative polarity
relates to the n-type doping). The electron mobility was calculated to be 88.6 cm2Vs−1
and the sheet resistance was 7620 Ω/. These values are in good agreement with those
presented in 4.2.2.
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Figure 4.14: I/V curves of the sample fabricated for the Hall effect measurement system
based on the van der Pauw technique. The voltage developed between each pair of contacts
is tracked when a electrical current is passed between them.
4.4 Combining optical and electrochemical sensing
A microring resonator sensor designed to operate in the wavelength band of 1550nm
was selected as the optical device to demonstrate proof-of-principle multi-modal sens-
ing. Optical resonators were discussed in section 2.3.2.3, together with recent examples
of their use in biosensing applications. The selection of these microring sensors as an
exemplar was motivated by two key advantages. Firstly, the modelling of the sen-
sor/solution interface is relatively simple, secondly they exhibit a high tolerance to
fabrication errors compared to other optical structures (e.g. photonic crystals). An
example of the fabricated device using our in-house doped SOI substrate (including an
Ohmic contact) is shown in figure 4.15.
The ring resonator and access waveguide were fabricated into the diffusion doped SOI
substrate using electron beam lithography (section 3.2.3) and reactive ion etching (sec-
tion 3.2.4). Resonator fabrication was performed following Ohmic contact fabrication
(section 4.3) on a profile controlled doped substrate (section 4.2). The lithography
and etch steps are illustrated in figure 4.16 and a detailed explanation and further
information about these techniques/steps can be found in sections 3.2.3 3.2.4.
In the process shown in figure 4.16, the lithography and etching steps were optimised
for our application. In order to make electrical contact to the resonator structure, It
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Figure 4.15: False coloured SEM picture of a ring resonator sensor fabricated on a diffusion
doped SOI substrate. The ring cavity and access waveguide are presented in blue, while the
non-lithographed substrate remains in grey.
A) B) C)
D)E)F)
Sample cleaning and 
resist coating
E-beam exposure
Development
RIE etchResist removal
Figure 4.16: E-beam lithography and etch fabrication steps. A) The sample is piranha
cleaned for 10 minutes and a layer of e-beam resist is spun at 1750 rpm and baked for 10
minutes at 170 ◦C, resulting in a 350 nm thick resist layer. B) The optical structures are
exposed on the resist by means of e-beam lithography (step size of 8 nm and a base dose of
155 µC/cm2 at 50kV). C) The exposed areas are developed for 100 seconds in Xylene thus
these patterns can be transferred into the silicon layer of the device. The sample was dry
etched through RIE for 85 seconds in an atmosphere of 1.16:2 ChF3:SF6 (D)). Finally, the
resist is striped off (E)) and the sample is washed to remove any resist residue.
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is necessary to include a continuous, conductive layer between the Ohmic contact and
the cavity. This was achieved by fabricating the devices with a rib waveguide profile
instead of a deep etched profile as illustrated in figure 4.17.
A)
Deep etch
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SiO2
Si
B)
Rib waveguide
profile
SiO2
Si
C)
SiO2
Si220n
m
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dimensions
Figure 4.17: Comparison between deep etch (A)) and rib waveguide (B)) profiles ring
resonators. In C) the dimensions of the rib waveguide dimensions of our ring resonator are
shown. There micro ring sensors are fabricated with a rib waveguide profile to allow electron
transfer from the contact to the sensing cavity.
The dimensions of the rib waveguide profile were optimised via simulation to minimise
leaking of the optical mode into the slab. Similarly, the physical dimensions of the ring
resonator were designed to maximise the Q-factor; the Q-factor is critical to accurately
monitoring low-concentration binding events. For this purpose, an all-pass ring config-
uration was selected (section 2.3.2.3) as these exhibit a higher Q-factor than devices in
the add-drop configuration. The origin of this high Q-factor is the smaller roundtrip
loss in all-pass rings compared to add-drop rings, and allows a higher confinement of
the optical signal in the cavity and ultimately sharpens the resonance [61].
To obtain such a high Q-factor, the physical dimensions were optimised considering
three design parameters: waveguide width, cavity length and gap distance of the cou-
pling section. As discussed in section 2.3.2.3, the waveguide width determines the
optical evanescence tail interaction with analyte at the sensor surface. Specifically,
narrow waveguides result in a large penetration depth, but at the expense of increased
optical loss, as the optical mode is less confined into the silicon waveguide. With our
in-house n-type doped SOI substrate, we chose a waveguide width of 480 nm to provide
the optimal Q-factor (considering the rib waveguide profile as explained previously).
The Q-factor can also be increased by increasing the length of the cavity [61]. However,
this does not increase infinitely, as the accumulated propagation loss increases with the
cavity length. We designed our sensor with a cavity length of approximately 200 µm
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which provides a high Q-factor while still presenting a footprint on the micrometre-
scale.
Finally, the distance between the optical cavity and the access waveguide (coupling
section) plays a crucial role in determining the Q-factor of the cavity. Specifically,
it defines the amount of optical signal that couples into (and out of) the cavity, and
therefore the loss between the coupled and the uncoupled signal. Small coupling sec-
tions allow weakly coupled resonances to travel in and out of the cavity, therefore
widening the range of frequencies that interfere destructively (lower Q-factor). On the
other hand, large coupling sections will decrease the extinction ratio of the transmis-
sion spectrum, which is detrimental to the Q-factor. After measuring a devices with
different coupling section dimensions from 150 nm to 300 nm, an optimal value for this
coupling section was found to be 230 nm. Figure 4.18 shows the transmission spectrum
around the resonant wavelength of our sensor measured in air after optimising the gap
of the coupling section, while an accurate, detailed profile of the geometry of the ring
resonator (including substrate) is given in figure 4.19.
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Figure 4.18: Spectral performance of our ring resonator sensor after optimising the gap of
the coupling sections. A maximum Q-factor value of 50,000 is found for a gap distance of
230 nm, using our in-house doped SOI substrate.
As can be calculated from picture 4.18, the Q-factor is of the order of 50,000 for our
device fabricated with doped silicon. This is comparable to ring resonator sensors
fabricated in industrial foundries and published in the literature [61, 131–133]. When
working in aqueous media (i.e. when a buffer solution is flowing over the sensor sur-
face), the resonant peak broadens due to increased loss in the resonant cavity. This
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Figure 4.19: Detailed cross-profile figure of the device. A ring cavity length of approxi-
mately 200 µm (R = 30 µm), a waveguide width of 480 nm and a gap distance of 230 nm
were found optimal to obtain a maximum Q-factor of 50,000.
increased loss is due to a combination of water absorption at our working wavelength
band (around 1550 nm), and the change in the coupling coefficient. The change in the
coupling coefficient is originated from the change in the refractive index on the sensor
surface, as the mode confinement decreases with the reduction in refractive index con-
trast upon exposure to aqueous media. The broadening of the resonance wavelength
by comparing the size of the resonance dip before after is shown in figure 4.20.
In the case shown in figure 4.20, the aqueous media was sodium phosphate buffer
(pH7, at a 100 mM concentration). This buffer is commonly used in biological assays
and exploited frequently throughout this thesis. The Q-factor is found to reduce by
around 24% of its value when working in air (Q-factor air = 50,000, Q-factor in 100
mM phosphate buffer = 38,000). From this, it is possible to calculate the minimum
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Figure 4.20: Broadening of the resonance wavelength when working with an aqueous so-
lution. The Q-factor of the device is reduced from 50,000 (black) to 38,000 (red) due to the
increment in the optical loss of the resonant cavity.
resolvable optical shift for biosensing purposes. This is estimated assuming that the
resonance wavelength is normally distributed, where the mean is identified from a
normal distribution fit to the measured resonance and the standard deviation is equal
to half of the 68.28% confidence interval of the fitted distribution [62]. Half of the
68.28% confidence interval can be then be used as an estimation of the minimum
resolvable optical shift. In our case, considering the red resonance shown in figure 4.20,
this estimation gives us a minimum resolvable optical shift of 0.75 pm, which is slightly
bigger than that resolvable (0.59 pm) with commercial devices [60].
It is also possible to quantify the limit of detection (LOD) in terms of refractive index
units by means of the equation 2.18. This requires knowledge of the bulk sensitiv-
ity of our device, given in [nm (resonance shift)/RIU (refractive index units)] (section
2.3.2.3). The sensitivity was calculated empirically by tracking the resonance wave-
length of the device when challenged with a range of NaCl solutions of different molar
concentrations, and thus different refractive indexes. The refractive index of each so-
lution was calculated through the expression nNaCl=1.3105 + 0.17151 x C, where C
is the concentration of the NaCl solution in mass % [62]. Fig. 4.21 shows the result
of this experiment and displays a clear linear relationship between resonance shift and
solution concentration, where the gradient of the line of best fit was 65.1 nm/RIU. A
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bulk sensitivity of 65.1 nm/RIU, together with the minimum resolvable optical shift
of 0.75 pm, leads to a LOD of 1.15x10−5 RIU. This value is in good agreement with
similar ring resonators presented in the literature [61, 62, 131].
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Figure 4.21: Resonance wavelength shift against changes in the bulk refractive index. A
sensitivity of 65.1 nm/RIU is obtained (equivalent to a LOD of 1.15x10−5 RIU), which shows
that our sensitivity is more than sufficient to perform accurate biosensing experiments.
Regarding the reproducibility of the fabrication process, I found that the main source
of fabrication deviations was the stability at high temperatures in the doping process.
Our furnace temperature control unit presents a control down to 1◦C. This allowed us
to obtain reasonably high reproducibility between fabrication batches, for example, the
maximum batch to batch deviation in the averaged sheet resistance (at a depth of 0 nm
and considering three points throughout the sample) was 100 Ω/. This, compared to
the usual value of 4860 Ω/ results in maximum fabrication deviation of 2%.
4.4.1 Summary of the sample fabrication process
In this section a summary of the sample fabrication process is given. An in-depth
discussion of the the nanofabrication processes here employed are presented in chapter
3.
1. SOI doping
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A piece of 2 x 1.5 cm of SOI is cleaved from a 8” master SOI (100) wafer (SOITEC,
France). The wafer consists of a 220 nm-thick layer of silicon on top of a 2
mm layer of buried oxide. The sample is piranha cleaned for 10 minutes before
the native oxide layer is removed by dipping the sample in diluted HF (1:6 in
DI water) for 30 seconds. Sample and phosphorus dopant source (Phosphorus
Grade PH-950, Saint-Gobain Ceramics, USA) are placed on a fused quartz boat
and introduced into the furnace tube under a nitrogen flow of 0.2 sccm. The
temperature was ramped up to 845◦C at 5◦C/min, where it was maintained for
10 min. Once cooled, the sample is again piranha cleaned and dipped into dilute
HF (1:6 in DI water) for 10 seconds to remove the thin glassy product obtained
in the top of the silicon layer from the doping process (deglazing).
2. Ohmic contact deposition
The sample is immersed in a piranha solution (H2SO4 : H2O2, 7:3 ratio) for 10
min. After this cleaning, the piece of substrate is dipped in diluted (1:6 ratio) for
30 sec to remove oxide layer grown in the piranha etch step. Following, the sample
is is masked to expose the contact area and loaded in the chamber for evaporation
in the minimum amount of time to minimise the grown of any oxide layer. Three
metals are deposited to fabricate robust and low resistance contacts. In first
instance, a 200 nm thick layer of aluminium is evaporated. As for further steps
the aluminium contact needs to be protected, two more metals are deposited. A
20 nm thick layer of nickel is evaporated to improve the adhesion of the third
200 nm thick layer of gold, and also for avoiding the growth of gold-aluminium
intermetallic layers [128]. The latter non-oxidizing layer of gold will protect the
deposited aluminium from further piranha cleaning steps.
3. Electron beam lithography and etch
The sample is piranha cleaned for 10 minutes and a layer of positive e-beam
resist(AR-P 6200.09, Allresist, Germany) is spun at 1750 rpm and baked for 10
minutes at 170◦C. Ring resonators are exposed on the resist by means of e-beam
lithography (step size of 8 nm and a base dose of 155 µC/cm2 at 50kV). The
exposed areas are developed for 100 seconds in Xylene thus these patterns can
be transferred into the silicon layer of the device. The sample was dry etched
through RIE for 85 seconds in an atmosphere of 1.16:2 (CHF3:SF6). The resist
is removed in microposist remover 1165 at 75◦C for 45 min and the sample is
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washed to remove any resist residue. Finally the device is cleaved, resulting in a
device with final dimension of approximately 1x2 cm.
4. Microfluidics mold bond
A previously fabricated piece PDMS (section 3.2.5) with a 100 x 200 µm channel
is cut to size. Following the punching of 2 mm holes to access the microchannel,
it is sonicated while dipped in IPA for 5 min. To bond the PDMS block to the
SOI chip, oxygen plasma was used for creating free OH groups on the PDMS
surface. After activation, the PDMS block is brought into contact and aligned
with the SOI sample to from a covalent siloxane (Si-O-Si) irreversible bond. Note
that in parallel, the SOI sample has been piranha cleaned for 10 min to ensure
that the surface is free from organic material, whilst adding OH groups on the
silicon surface. Finally, it is placed in a 135◦C for 3 hours to obtain a strong
bond. Figure 4.22 shows an image of the finished sample.
4.5 Doping impact on the optical device performance
Optical loss is the major concern in doped silicon photonic devices; high doping will
increase free-carrier losses and limit the performance of the device in the optical regime.
The impact of the optical loss is twofold. Firstly, in resonant cavities, it will increase
the loss per roundtrip, and therefore decrease the Q-factor. Secondly, very high optical
losses will lead to complete absorption of the light, so no signal can be detected at
the end of the waveguide. As discussed in section 4.2, the SOI substrate was modified
with a doping profile designed to minimise the impact on the optical performance of
the device. This section explores the impact of diffusion doping on the performance of
the ring resonator optical sensor.
Figure 4.23, compares the resonance wavelength before and after the diffusion doping
of the substrate. Here, the substrate was doped using the processes defined in section
4.2 such the average dopant concentration in the device layer of the SOI substrate was
7.5x1016cm−3.
The Q-factor of the doped device is marginally smaller than observed for the undoped
substrate (50,000 compared to 65,000 respectively). This supports the hypothesis that
the losses can be minimised using profile controlled doping. In the next section, we
analytically asses this broadening to further validate the profile controlled doping fab-
rication process.
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Figure 4.22: Picture of the final device. The final device has dimensions of approximately
1x2 cm. A close-up image of the microfluidic channel is shown in figure 3.9.
4.5.1 Assisted optical validation of the Q-factor of a lossy cavity
As defined in 2.3.2.3, the Q-factor of a cavity is proportional to the energy stored in
the cavity divided by the energy lost by cycle. This can be formulated as equation 4.5:
Q = 2π × Energy stored
Energy lost/cycle
= 2π × U0
U0(1− e−αL)
(4.5)
In equation 4.5, α is the optical absorption (directly related to free carrier loss) at the
working wavelength, L the length required to complete a single optical cycle, and U0
is the energy stored. For clarity, please note that Q refers to the loss per optical cycle,
not per cavity roundtrip. Hence, L can be rewritten as a function of the wavelength
as L = λ/neff , such that 4.5 is reformulated as:
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Figure 4.23: Moderate broadening in the resonance wavelength due to the increase in
optical loss. The Q-factor of the undoped resonance (black) is 65,000, while the doped one
(red) is 50,000.
Q = 2π × 1
1− e−αL
= 2π × 1
1− e
−α
λ
neff
≈ 2π
α
λ
neff
(Using ex = 1 +x, for small x)
(4.6)
In equation 4.6, λ is the wavelength and neff is the effective refractive index of the
cavity. The optical absorption, α, which is proportional to the doping density, can be
obtained by the method described in [134]. The dependence of optical absorption on
doping density is shown in figure 4.24.
At the working wavelength (1550 nm), the optical absorption assuming an overall dop-
ing density of 7.5x1016 cm−3 is 4.2 cm−1 (or 4.2x10−5 µm−1). Here, the doping is
assumed to be distributed evenly throughout the device layer. The refractive index of
the silicon is also modified by doping, due to the presence of impurities (here phospho-
rous). This change in refractive index can also be modelled as described in [134] and
plotted in (figure 4.25).
For a doping density of 7.5x1016cm−3 as used here, only a small change in the refractive
index of -6x10−5 is expected. Assuming neff of 2.35 (value simulated through COMSOL
Multiphysics at our working wavelength) and an approximated theoretical intrinsic Qabs
of 222,000 is obtained.
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Figure 4.24: Optical absorption for n-type doping at 1550 nm. Absorption exponentially
increments with the 10-log of the doping density at our working wavelength [134].
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Figure 4.25: Change in the silicon refractive index due to n-type doping at 1550nm. A
marginal change of -6x10−5 is appreciated at our doping density [134].
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It is also possible to obtain the intrinsic Qabs measured of the fabricated devices from
measurement of the doped device. From figure 4.23, we obtain Qdoped ≈ 50,000 and
Qundoped ≈ 65,000. Since Qdoped can be obtained as:
1
Qabs measured
=
1
Qdoped
− 1
Qundoped
=
1
50, 000
− 1
65, 000
(4.7)
Qabs measured = 216, 000 (4.8)
The measured value of Qabs measured is in very good agreement with our analytical
estimate of 222,000 obtained by consideration of the increased loss induced by the
doping. This agreement also validates our assumption and measurement of the overall
doping density of 7.5x1016cm−3.
4.5.2 Correlation between doping concentration and optical loss
The effect of the doping concentration against the spectral performance of the device
is twofold, as both Q-factor and dynamic range of the cavity are decreased. This is
attributed to the increase in the optical loss due doping of the substrate. Q-factors of
45,000 and 30,000 were measured for doping densities of 1x1017cm−3 and 3x1017cm−3,
respectively; while a Q-factor of 50,000 is obtained for 7.5x1016cm−3 (figure 4.26). For
our working doping density (7.5x1016cm−3), the broadening of the resonance dip is
minimal. However, for higher doping densities, even though the Q-factor does not
decrease dramatically, the extinction ratio is noticeably reduced.
It can be seen in figure 4.26 how, for higher doping densities, the performance of
the device begins to be limited by doping as both the extinction ratio and Q-factor
are decreased due to the increase in optical loss. The transmission intensity is in
the order of 2 nW, which is given by the spectral density of the input source (ASE)
and coupling losses. In figure 4.26, the wavelength relative to the fitted resonance
wavelength is displayed for both doped and undoped resonances, enabling comparison
between resonance dips. I note that the absolute resonance wavelength of the doped
and undoped devices differs due to small variations in the fabrication process, which
have a greater impact than the marginal change in the refractive index caused by
doping of the device.
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Figure 4.26: Dependence of the Q-factor and the extinction ratio on the average doping
density of the material. For our working doping density, the broadening of the resonance dip
is minimal. However, for higher doping densities, even though the Q-factor does not decrease
dramatically, the extinction ratio is noticeably reduced.
4.6 Dual-mode photonic/electrochemical validation
The previous section quantified the impact of diffusion doping on the optical charac-
teristics of the ring resonator sensors. This section assesses the detection sensitivity of
the doped device to quantify analytes local to the sensor surface and whether electro-
chemical measurements (in parallel with photonic measurements) can be performed at
these doping concentration levels.
In this demonstration, we monitored and quantified the immobilisation of a layer of
redox active molecules on the surface of our sensor, from both electrochemical and
optical domains. This molecular monolayer, shown in figure 4.27, consists of a long-
chain alkanethiol that incorporates an oligoethyleneglycol (PEG) linker derivatised
with the redox active molecule methylene blue (MB).[1] The molecule assembles into a
dense monolayer (hence the name MB-SAM) when immobilised on a surface driven by
interactions between methyl groups in the alkane chain. Details about the solid phase
synthesis of this molecule and its electrochemical properties can be found in [1].
The doped resonator sensor was fabricated following the processes described in sections
4.24.34.4, before a microfluidic channel was bound to the sensor surface (section 3.2.5).
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Figure 4.27: Chemical structure of the MB electroactive molecule. A) Chemical structure.
B) Simplified version. When immobilised on a surface, it forms a SAM which is highly
reactive to changes in its electrochemical environment.
Finally, the complete device was placed in the electro-optic characterisation setup (sec-
tion 3.4). The sensor surface was required to be made thiol reactive in order to bind
the MB-SAM. This surface was thus modified using silane chemistry to create a thiol
surface (through an MPTS layer 2.5.2) after which an aqueous solution of Cu2+ ions
was added. These Cu2+ ions bind to the surface thiol, reducing to Cu1+ and rendering
the surface thiol reactive [135]. Finally, a 0.1 M aqueous solution of the MB molecule
was passed over the sensor surface, after which the thiol group binds to the Cu1+ to
create a dense monolayer. This immobilisation process is summarised in figure 4.28.
Section 2.5.2 contains more details of the surface chemistry required for the attachment
of this molecule.
The exposure of the functionalised surface to the MB molecule (step D) in figure 4.28)
was monitored in the optical domain as shown in figure 4.29. The solution containing
the MB molecule flows across the sensor surface for approximately 50 min. After this
time, the optical shift saturates at 0.58 nm, indicative of the formation of a complete
monolayer. I note that the slow rate of this reaction can be attributed to unoptimised
experiments conditions and to the likely presence of Cu crystals on the sensor surface.
With this measurement (figure 4.29), we demonstrate that optical detection of bio
molecules is possible with our in-house doped silicon, as the obtained wavelength shift
clearly to confirms the formation of the MB-SAM. However, we still need to validate
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Figure 4.28: Silane chemistry to form a MB-SAM on silicon. A) The surface was modified
with a thiol by exposure to a dilute solution of (3-Mercaptopropyl)trimethoxysilane (MPTS)
through the PDMS channel. B) Next, a 15 mM aqueous solution of Cu2+ ions was injected
and left to incubate for 15 min. C) These Cu2+ions react with the thiol group releasing
the hydrogen atom and reducing the Cu2+ to Cu1+. D) Finally, the MB molecule [1] is
immobilised on the surface driven by a reaction between the thiol and the Cu1+ ions. It was
incubated on the surface for approximately 50 min to achieve a high surface coverage.
that electrochemical measurements can be performed that will provide complementary
information to that revealed in the optical domain. Figure 4.30 shows a typical cyclic
voltammogram of the MB-SAM functionalised sensor. Two identically functionalised
silicon samples provided with Ohmic contacts but with different doping concentrations
(undoped and 1x1020 cm−3) are also included.
Both the reduction and oxidation peak are clearly discernible for the doped ring res-
onator sensor, confirming the sensor is capable of electrochemical detection of redox
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Figure 4.29: Optical binding curve of our functionalised surface with silane chemistry upon
exposure to the MB molecule. A MB-SAM monolayer is obtained after approximately 50
min from the injection of the solution (light blue area), providing a wavelength shift of 0.58
nm (from light orange to light orange area). The fitted curve (black broken line) is done to
an order two polynomial function.
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Figure 4.30: Electrochemical response of our functionalised sensor with a MB-SAM mono-
layer. Three CVs responses are shown for different doping concentrations (undoped silicon
- black, 7.5x1016cm−3 - red and 1x1020cm−3 - green. All the samples were provided with
ohmic contacts and the scan rate was 50 mV/s.
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molecules. Therefore photonic and electrochemical measurements can be done in par-
allel using our sensor. I note that no redox activity is observed for the undoped device.
Figure 4.30 also shows the importance of doping concentration in the electrochemical
measurements. Specifically, the redox peaks are more widely separated in the lightly
doped silicon resonator (1016cm−3) compared to the heavily doped planar silicon sub-
strate (1x1020cm−3). This can be understood by considering the depletion layer that
forms at the silicon-electrolyte interface. The width of the depletion region is inversely
proportional to the doping concentration. Thus, with low doping, a large overpotential
needs to be applied to reduce the width of the depletion layer before electrons can
tunnel from the solution to the immobilised MB molecule and vice versa (section 3.3).
While photonic-only sensing can be used to follow assembly of the MB-SAM, it provides
no information on the activity of the monolayer. However, by combining the comple-
mentary information revealed by electrochemical measurements, it becomes possible
to provide such insight into the MB activity. Furthermore, the electrochemical ac-
tivity provides structural information regarding the monolayer that complements the
measurements in the optical domain. In particular, quantitative information about
the structure of the MB-SAM monolayer can be probed directly. Similar quantitative
data can only be extracted from the photonic domain following assumptions about
the properties of the layer. For example, literature examples that provide information
about surface density of molecular layers all assume some properties of the layer, such
as thickness or refractive index, that are often poorly defined [136]. In the electro-
photonic sensor however, the area under the reduction and oxidation current peaks can
be used to calculate precisely the total number of surface attached molecules, and thus
the molecular density without making any assumptions (figure 4.31).
The procedure to calculate the molecular layer density of an electroactive molecule
(such as the immobilised MB molecule) consists of three steps. Firstly, the background
current is subtracted from the current peak to remove the capacitive charging current.
The total transferred charge, C, is then given by the area under the current peak,
found by integrating the curve with respect to voltage. For this integration, the scan
rate (V/s) is taken into account to transform the voltage axis into the time domain.
Secondly, the total charge is normalised to the electrode area exposed to the electrolyte
(which in our case is given by the dimensions of the microfluidic channel) to obtain the
charge density in C/cm2. Finaly, the charge density is divided by the electron charge
(1.602 x 10−19 C) and number of electrons involved in oxidation and reduction (MB
is a two-electron process [1]) to yield the number immobilised redox active molecules.
Applying this procedure to the data presented in figure 4.31, the total charge transferred
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Figure 4.31: Surface density calculation of the MB-SAM formed on our doped silicon
sensor. The background current (red) from the reduction peak (blue) is removed and the
area of the normalised curve (green) is integrated to calculate the transferred charge from
the silicon into the attached molecules.
is 1.13x10−8 C, corresponding to a surface density of 2.2x1012 molecules/cm2. This
compares well with the surface density of a MB-SAM assembled on gold [137].
4.7 Limitations
Section 4.1 presented two approaches for combining electrochemical and photonic sens-
ing using a silicon photonics platform. The optical loss that results from the addition
of a conductive and transparent layer such as ITO was shown to be detrimental to
the sensor performance. As a result this approach was rejected in favour of tuning the
electrical properties of the silicon layer to allow dual-mode sensing. Here I discuss the
limitations associated with this all-silicon alternative.
The first limitation is the electro-optic effect. The optical properties of many materi-
als, including silicon, change in response to the application of an electric field, which
typically varies slowly compared with the frequency of the light propagating through
the material. When a low frequency electrical potential is applied either between the
contact pads at the edge of the sample, or between one contact pad and a counter
electrode in solution, electrons will flow between these points and will locally modify
the optical properties of the doped material, including the optical absorption and the
refractive index and permittivity [138].
The electro-photonic silicon biosensor 110
In my electro-photonic device, this effect is only observed when applying a strong
electric field across the device (contact pad to contact pad) for extended periods of
time. Here, the resonance wavelength of the device shifts upon the application of
large DC voltages above 3 V. This induced shift is shown in figure 4.32. In parallel,
the intensity of the optical signal is also affected by the application of such large DC
voltages.
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Figure 4.32: Wavelength shift of optical resonance wavelength upon application of strong
electric fields for extended periods of time. Due to the electro-optic effect, the optical prop-
erties of the material are modified, thus the resonance wavelength is affected.
Figure 4.32 depicts how after the application of 1 and 2 V for approximately 10 minutes,
the resonance wavelength remains unchanged. However, after the application of 3 V
for approximately 5 minutes, the initial resonance wavelength is no longer recovered.
Finally, upon the application of 4 V, an extremely large optical shift is produced due
to the electro-optic effect. It is also worth noting that upon continuous application of
such high voltage values, the induced optical shift can be higher than that obtained
in biosensing experiments, and therefore will interfere with the optical measurement
signal. I note, that such large electrical potentials exceed the range commonly used for
electrochemical measurements.
The second limitation is due to the depletion region at the silicon-analyte interface.
As explained in 3.3, when a semiconductor is brought into contact with an electrolyte,
a depletion region develops inside the semiconductor, which will be present even for
highly doped materials. For molecules immobilised on the surface of the semiconductor,
the width of this depletion region directly relates to the overpotential needed to either
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reduce or oxidise immobilised molecules as empirically shown in figure 4.30. However,
while with our sensors, it is still possible to change the redox state of immobilised
molecules, it has not yet been possible to modify the redox state of redox molecules in
solution as seen in figure 4.33.
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Figure 4.33: Comparison of the electroreduction of a suspended molecule (ferrocene) in
solution between gold and highly doped silicon substrates. Clear ferrocene redox peaks can
be observed when using a gold substrate, but no peaks are observed with a highly doped
silicon substrate (1020cm−3 doping concentration).
The redox electrolyte in figure 4.33 is ferrocene at a concentration of 5 mM in a sodium
phosphate buffer (pH7, 100 mM concentration) supporting electrolyte. This is widely
used in electrochemistry [139]. Both the reduction and oxidation peaks are clearly
observed with gold electrodes, whereas no peaks are shown with a highly doped silicon
substrate electrode (1020cm−3 doping concentration). This is because the energy lost
by the electrons tunnelling through the depletion region at the interface does not allow
electrons to tunnel further into the redox molecule. Even for a highly doped substrate
where the depletion region is shorter, and therefore the drop of energy for electrons
is lower, no electrochemical activity is appreciated when the molecule is suspended in
solution. Therefore, (bio)molecules need to be immobilised on the surface when using
the dual-mode sensor in order to look into their (bio)chemical activity.
Having shown both advantages and limitations of our approach, a comparison between
similar bi-domain approaches is given in the next section. Our proposed sensor is
compared to other optical and mechanical dual-mode sensing techniques.
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4.8 Comparison to similar bi-domain approaches
A number of ”single-domain” biosensors have been demonstrated that exploit electrical
mechanical or optical methods to transduce binding events (see section 2.3). In con-
trast, the range of solutions developed for multi-domain sensing is significantly more
limited (2.4). This section will compare the most widely known bi-domain sensors,
namely Electrochemical Quartz crystal Microbalance with Dissipation monitoring (E-
QCM-D), Electrochemical Optical Waveguide Lightmode Spectroscopy (EC-OWLS)
and Electrochemical Surface Plasmon Resonance (E-SPR), with the electro-photonic
technology shown here.
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Figure 4.34: Illustration of the sensing mechanisms of similar bi-domain approaches. A)
Electrochemical Quartz crystal Microbalance with Dissipation monitoring (E-QCM-D). B)
Electrochemical Optical Waveguide Lightmode Spectroscopy (EC-OWLS). C) Electrochem-
ical Surface Plasmon Resonance (E-SPR). D) Electro-photonic silicon biosensing.
E-QCM-D has been proven to be a valuable tool for studying molecular and biomolec-
ular interaction in parallel with electrochemical monitoring, with high detection sen-
sitivity [107]. A unique feature of QCMD-based approaches is the compatibility with
a wide range of surface materials, as the need to consider special properties such as
optical transparency or reflectivity is not present (as long as the selected material can
be deposited as a thin film onto the sensor crystals). In contrast to optical techniques,
QCMD it is very sensitive to water associated with adsorbed proteins [140], but this
can present a drawback in some situations as coupled water cannot be de-convoluted
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easily from the measurement. In terms of large-scale integration however, E-QCMD
it is more limited than optical techniques, as the resonance wavelength of the quartz
crystals is larger than those used in optical techniques, and therefore the theoretical
minimum physical sensor size required to obtain a high Q-factor resonator is bigger
[107].
In an OWLS system with electrochemical control (EC-OWLS), both TE and TM modes
can be excited, enabling information about both the refractive index and thickness of
the absorbed film to be extracted [141]. This combination of information provided from
both optical modes, together with its inherent high sensitivity, makes this technology
very well suited for studies of protein absorption kinetics [142]. This sensitivity is
slightly higher than that obtained with E-QCM-D and E-SPR. However, this platform
is limited, as only highly transparent and electrochemically compatible surfaces can be
investigated. In addition, it is further limited by the inherent reduction in sensitivity of
the sensing mechanism, as the evanescence tail of the confined optical mode propagates
through the ITO film.
E-SPR exhibits high sensitivity towards local changes in the refractive index, enabling
the detection of changes in the immobilised mass of molecules with a sensitivity compa-
rable to E-QCM-D [20]. This sensing can be carried out with other functional surfaces
when deposited on top of the metal surface. In contrast to E-QCM-D and E-OWLS,
E-SPR can also be used to create 2D images of molecular interactions. This imaging
is possible as plasmon resonances can be highly localised, however the sensitivity is
slightly lower in this configuration [15]. However, the light-matter interaction cannot
be tailored and optimised as the inherent condition to excite plasmon resonances, which
requires TM polarised light.
While the electro-photonic sensor discussed here is presented using a ring resonator
structure, the approach is generic and can be applied to a wide range of photonic struc-
tures. This offers great flexibility in being able to select an architecture to optimise the
light-matter interaction. Similar control is not possible in E-SPR. The dimensions of
our resonance cavities can also be engineered to be significantly smaller than those re-
quired for E-QCM-D, hence enabling the fabrication of very high-density sensor arrays.
Furthermore, our sensors can be fabricated entirely using standard CMOS processes,
which would imply a very low manufacturing costs.
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4.9 Summary
In the first half of this chapter, we have presented our dual-mode sensing technique.
We have shown the fabrications steps involved, explaining the controlled profile doping
technique and the optimisation of the high-Q ring resonator cavity. The profile of
the doping was characterised in depth to demonstrate its sharp gradient, which allows
us to obtain resonances with a Q-factor as high as 50,000. An assessment of the
correlation between the doping and the Q-factor was also provided, which models our
system extremely well. In the second half of this chapter, the device was tested and
an example of dual-mode sensing was provided. The marginal impact of doping on the
device performance was demonstrated, as our device shows an LOD similar to other
ring resonator based sensors reported in the literature. Subsequently, a layer of electro-
active molecules was bound to the surface and insight into its (bio)chemical activity
was presented. We show how it is possible to accurately extract the molecular density
of immobilised layers of molecules on the surface, a measurement that is not possible
with photonic detection alone unless making poorly defined assumptions about the
properties of the layer. Finally, the limitations of the technique were mentioned and
we compared it to other bi-domain sensing technologies.
Chapter 5
Study and application of
electrografted layers of diazonium
ions
Here we describe how the inclusion of electrochemical characterization methods along-
side photonic sensing not only allows us to combine the complementary information
contained within the two measurement domains, but also to exploit electrochemical
processes to selectively modify the silicon surface and to regulate the local surface
chemistry. Electrografting of three diazonium ions is studied and it is shown they pro-
vide specific chemical modification of the sensor surface. Furthermore, electrografting
of diazonium ions enables site-selective control over the surface chemistry, hence paving
a route towards multiplexed electro-photonic sensor arrays on the microscale.
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5.1 Introduction
Our innovative sensor concept provides deeper insight into electrochemical reactions at
the sensor surface than provided by electrochemical measurements alone. For example,
here the formation of electrografted layers of aryl diazonium salts is studied for alkyne
(CCH), maleimide (H2C2(CO)2NH) and azide (-N3) terminated diazonium salts. These
diazonium salts provide specific surface modification that enable selective binding of
biomacromolecules to the surface. Moreover, due to the fact that the electrografting re-
action is spatially localised, diazonium ions can be selectively electrografted on different
areas of a surface. We exploit this here to demonstrate a multiplexed electro-photonic
sensor array in which each microring within the array is functionalised selectively with
a different ‘probe’ molecule.
5.2 Application of diazonium ions
Aryl diazonium salts have been used extensively in organic chemistry due to the capa-
bility of introducing a wide range of functional groups into an aromatic ring to form
an extensive variety of compounds [143]. They consist of an organic group (R in figure
5.1) sharing an aryl functional group with a dinitrogen cation (figure 5.1).
R
N2
+
Figure 5.1: General chemical structure of aryl diazonium salts. R (red colour) stands for
a variety of functional groups, which can be organic or organometallic [143].
Since aryl diazonium salts were introduced [144], they have received considerable at-
tention due to their ease of preparation, rapid (electro)reduction, large choice of re-
active functional groups and strong arylsurface covalent bonding. Grafted layers of
these compounds have been used in a large number of applications such as binding
of macromolecules to materials of diverse nature and shapes and for controlling the
hydrophobic/hydrophilic character of a surface [145]. Furthermore, diazonium salts
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are excellent alternatives to the traditional silanes (section 2.5.2) used for surface func-
tionalisation. Indeed, they can be easily reduced on carbon, metal or semiconductor
surfaces [143]. The electrografting mechanism is illustrated in figure 5.2.
R
N2
+
R
N
2
+
e-
N2+-
R R
Figure 5.2: Electrochemical grafting of a generic diazonium salt to a surface. When apply-
ing a reductive voltage, the dinitrogen ion is cleaved leading to covalent attachment of the
aromatic ring to the electrode surface.
The electrografting of aryl layers is a straightforward procedure: when a diazonium
salt is dissolved in an aprotic medium (e.g. a medium that does not contain hydrogen
ions) with a supporting electrolyte, the application of a sufficiently large reductive po-
tential will cleave the dinitrogen ion and so the aromatic ring is covalently attached
to the surface. Figure 5.3 shows a typical cyclic voltammogram trace that charac-
terises the electrografting of an aryl diazonium salt on a doped silicon electrode (ND
= 7.5x1016cm−3) (section 3.3.3).
In the first cycle of the CV measurement (i.e. first voltammogram) (figure 5.2), a
prominent and irreversible reduction peak is observed at -1 V. The fact that the re-
duction peak is irreversible indicates that an irreversible electrochemical reaction has
occurred associated with the cleavage of the dinitrogen ion. It is at this point when
the organic groups become covalently bonded to the surface. On following cycles, no
additional reduction peaks are observed as the surface is completely covered by the
electrografted molecules, preventing the electrografting of further molecules.
The high grafting density of aryl groups leads to the formation of well-ordered and
homogenous monolayers of controlled structure. The density of the electrografted layer
can be calculated directly from the cyclic voltammogram as described in section 4.6.
For electrografted aryl diazonium layers, molecular surface densities in the range of
1013-1014 molecules/cm2 are expected [145], which is similar to the density of SAMs of
alkanthiols assembled on gold [146].
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Figure 5.3: Typical electrografting of an aryl diazonium salt. The magenta trace represents
the first cycle of the CV measurement where a broad and irreversible reduction peak at -1 V
represents the cleavage of the dinitrogen ion and the grafting of the molecule to the surface.
In subsequent voltammograms (blue traces), no additional peaks are observed as the surface
is completely covered by the electrografted molecules, restricting the electrografting of further
molecules.
5.3 Structure of electrografted layers of diazonium ions
The structure of electrografted diazonium layers has been studied with a range of
techniques including X-ray Photoelectron Spectroscopy (XPS) and Fourier Transform
Infrared Spectroscopy (FTIR) [145]. However, to the best of our best knowledge,
such studies have not been performed with photonic techniques due to the fact that
electrografting requires application of an electrochemical potential for the reaction to
develop, or in other words, electrochemical control over the sensor surface. Here, given
the novelty of our sensor (the combination of electrochemical and optical informa-
tion), we have been able to explore the structure of such electrografted layers in both
electrochemical and optical domains, providing deeper insight than obtained by elec-
trochemical measurements alone. Here, we study in situ generated diazonium salts of
4-ethynylbenzene diazonium (alkyne), n-(4-aminophenyl)maleimide (maleimide) and
4-azidoaniline (azide). The structure of these diazonium salts are illustrated in figure
5.4.
These three diazonium salts provide chemical modification of the sensor surface for
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Figure 5.4: Structure of the aryl diazonium salts studied here. Alkyne (left), azide (centre)
and maleimide (right) were the organic functional groups (red).
subsequent immobilization of biological molecules. Here, the maleimide group pro-
vides chemical reactivity towards thiols for immobilisation of thiolated molecules, while
alkyne and azide labelled molecules can be covalently immobilised on surfaces modified
with the diazonium salts of 4-ethynylbenzene diazonium and 4-azidoaniline, respec-
tively. The employed sensors for all the experiments shown in this section were silicon
ring resonators with an overall doping density of ND = 7.5x10
16cm−3. The synthesis of
the diazonium salts employed throughout this section was optimised by Patrick Deneny
from the Chemistry department of the University of York.
5.3.1 Electrografting of 4-ethynylbenzene diazonium
For the generation of the molecule 4-ethynylbenzene diazonium, we used the molecule
4-ethynylaniline (Sigma-Aldrich). The preparation method compromises the treatment
of the aromatic compound with nitrous acid. The nitrous acid was generated in situ
from a mixture of hydrochloric acid (HCl, Fisher Scientific) and sodium nitrite (NaNO2,
Fisher Scientific). 35 mg of 4-ethynylaniline was dissolved in 7 mL of 500 mM HCl
at room temperature. Then 900 µL of 1 M aqueous NaNO2 was slowly added to the
mixture and left for 10 min with continuous stirring. The product, which provides
alkyne modification to the surface, was then injected into the PDMS channel and
electroreduced as shown in figure 5.5.
In figure 5.5, A), the electrode potential is swept cyclically at 50 mV/s from 0 to -1
V for 4 cycles. A prominent reduction peak is observed for the first cycle that occurs
at a potential of -0.8 V, indicating an irreversible electrochemical reduction reaction
related to electrografting of the diazonium to the surface. This electrografting reaction
is accompanied by a shift of 0.62 nm in the resonance wavelength of the sensor (figure
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Figure 5.5: Alkyne modification of the electro-optical sensor. A) Electroreduction of 4-
ethynylbenzene diazonium on the electro-optical sensor. The single current peak observed
in the cyclic voltammogram indicates an irreversible electrochemical reduction reaction, in-
dicative of electrografting with diazonium. Voltammograms were performed at 50 mV/s.
B) Optical shift induced by the grafting of the alkyne molecule. C) Sketch of the reaction
developed at the sensor surface. Error bars have not been included in this figure as they are
smaller than the represented data points.
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5.5, B)), as the refractive index at the surface of the sensor is modified by the presence
of the eletrografted molecular layer.
The magnitude of the optical shift suggests the formation of a densely packed molec-
ular layer. This assumption is confirmed by the magnitude of the electrochemical
reduction current peak, from which we calculate a molecular layer density of 3.7x1013
molecules/cm2. The density of this molecular layer is consistent with values reported
in the literature for other electrode materials [147].
In subsequent potential cycles, no further reduction peaks or optical shifts are observed
because the surface reaction reaches completion after the first reductive cycle.
5.3.2 Electrografting of the diazonium salt of n-(4-aminophenyl)maleimide
The preparation method to generate the diazonium salt of n-(4-aminophenyl)maleimide
(Tokyo Chemical Industry, UK) compromises the treatment of the aromatic compound
with nitrous acid. Here, 7 mL of 500mM HCl was added to 70 µL of 200 mM n-
(4-aminophenyl)maleimide in acetonitrile. Thereafter, 280 µL of 100 mM NaNO2 (in
water) was added and stirred for 15 min. The product was then injected into the PDMS
channel and electroreduced as shown in figure 5.6, providing a maleimide modification
to the surface.
In figure 5.6, A), the potential is again swept cyclically from 0 to -1.5 V at 50 mV/s
for 4 cycles. A prominent reduction peak is only observed for the first cycle at a
potential of -1.2 V, related to the electrografting of the maleimide diazonium molecule.
This electrografting is accompanied by a change in the refractive index at the sensor
surface, which induced an optical shift of 0.25 nm in the resonance wavelength of
the sensor (5.6, B)). In this case, we calculate a molecular layer density of 6.2x1013
molecules/cm2, consistent with the previous value and with those values reported in
the literature [147]. Again, no further reduction peaks or optical shifts are observed in
the following three potential cycles as the surface reaction reaches completion after the
first reductive cycle. I note that the limited wavelength shift of 0.25 nm obtained in
this experiment was obtained with a ring resonator device which had lower sensitivity
than those used in sections 5.3.1 and 5.3.3, as its cavity waveguide was wider.
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Figure 5.6: Maleimide modification of the electro-optical sensor. A) Electroreduction of
the diazonium salt of n-(4-aminophenyl)maleimide on the electro-optical sensor. A single
current peak, indicative of electrografting with diazonium, is observed in the first cyclic
voltammogram (performed at 50 mV/s). B) Optical shift induced by the grafting of the
maleimide molecule. C) Sketch of the reaction developed at the sensor surface. For simplicity,
the chemical formula H2C2(CO)2NH has been replaced with the label ‘Maleimide’. Error
bars have not been included in this figure as they are smaller than the represented data
points.
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5.3.3 Electrografting of 4-azidoaniline
For the synthesis of the third in situ generated diazonium salt employed here, the
preparation method follows the same guidelines. The molecule 4-azidoaniline (Sigma-
Aldrich) is used in this case, which is again treated with nitrous acid. 7 mL of 500
mM HCl was added to 70 µL of 100 mM 4-azidoaniline in methanol, then 280 µL
of 100 mM NaNO2 was added and stirred for 15 min. The product, injected into the
microfluidic channel, was then electroreduced as shown in figure 5.7, providing an azide
modification to the sensor surface.
As shown in figure 5.7, the case of 4-azidoaniline is different to those of 4-ethynylbenzene
diazonium and n-(4-aminophenyl)maleimide. When 4-azidoaniline is electrografted
(figure 5.7, A)), each of the first four voltammogram cycles contain reductive potential
peaks of decreasing amplitude. Each of these potential cycles also leads to a corre-
sponding shift in the resonance wavelength of our sensor (figure 5.7, B)).
Here, the combination of photonics and electrochemistry provides additional insight
into the reactions, as the optical information confirms the electro-reduction processes
measured in cycles 1-4 results from a modification of the sensor surface, rather than
from an electrochemical reaction of excess diazonium ions in the solution-phase. The
magnitude of the first reduction peak corresponds to a molecular surface density of
2.1x1014 molecules/cm2. This molecular surface density, together with the large optical
shift of 0.65 nm observed after the first potential cycle, indicates the formation of a
complete monolayer on the silicon sensor surface. The combination of these two sensing
modes thus enables us to deduce that subsequent electroreduction processes in cycles
2-4 correspond to the formation of a multilayer structure at the sensor surface.
Multilayers are often observed in diazonium electrografting [145], and the mechanism
of their formation involves highly reactive aryl radicals that are generated during diazo-
nium electrografting (figure 5.7, C)). Our observation that multilayer formation occurs
for the diazonium ion of 4-azidoaniline electrografting, but not for diazoniums ions of
4-ethynylbenzene and n-(4-aminophenyl)maleimide, is consistent with previous studies
which have shown that the propensity for multilayer formation is highly dependent
on the structure of the diazonium [148]. However, it is highlighted that multilayers
are obtained when repeating voltage cycles, whereas a well-ordered and densely packed
monolayer (desired for biofunctionalisation of surfaces) is obtained with a single voltage
cycle.
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Figure 5.7: Azide modification of the electro-optical sensor. A) Electroreduction of the
diazonium salt of 4-azidoaniline on the electro-optical sensor leads to multiple peaks in the
reduction current that occur with each 50 mV/s cycle of the electrode potential. B) The
photonic response provides insight into this reaction, as wavelength shifts associated with
each cycle are also observed. C) Sketch of the reaction developed at the sensor surface. X
indicates an unspecified chemical functionality. Error bars have not been included in this
figure as they are smaller than the represented data points.
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5.3.4 Control experiments of the electroreduction of diazonium salts
Control experiments for the diazonium salts of 4-ethynylaniline and azidoaniline were
performed in order to verify that both electrochemical reduction peaks and optical
wavelength shifts are due to the electrografting of the in situ generated molecules.
Figure 5.8 shows control experiments of the electroreduction of both azidoaniline and
4-ethynylbenzene diazonium solutions without adding the diazonium molecule.
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Figure 5.8: Control experiments of the electroreduction of both azidoaniline and 4-
ethynylbenzene diazonium solutions without adding the electroactive active molecule.
As expected, no reduction peaks are observed in any of the voltammograms because
no electroactive molecule is present in the solution. All other chemicals were added to
the mixture, and cyclic voltammograms were measured at 50 mV/s.
Confirmation of the surface chemistry for the diazonium salt of 4-azidoaniline was also
obtained through XPS. Figure 5.9 shows the spectrum of a silicon substrate without
biomodification.
We observe a carbon contamination peak at 285 eV. This contamination peak provides
a reference for the comparison between the biomodified silicon sample, which is shown
in figure 5.10.
Comparing the spectra of the unmodified silicon sample of figure 5.9 and the biomodi-
fied sample with diazonium salt of 4-azidoaniline of figure 5.10, a new peak is observed.
This new peak, shifted 2-2.5 eV from the main carbon peak, indicates the presence of
the electrografted diazonium molecule on the surface. Furthermore, the main carbon
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Figure 5.9: X-ray photoelectron spectroscopy (XPS) spectrum of a silicon substrate without
biomodification. The main carbon contamination peak is observed at 285 eV.
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Figure 5.10: XPS spectrum of a silicon substrate where the diazonium salt of 4-azidoaniline
has been previously electrografted.
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peak (labelled Peak 1) is significantly greater following electroreduction, consistent
with the formation of an organic molecular layer.
5.4 Functionalisation of electrografted layers of diazonium ions
Aryl diazonium chemistry offers a route to surface-biofunctionalisation. By synthesising
a diazonium salt with the desired functional group (R in figure 5.1), functionalisation
with, for example, receptor molecules for label-free sensing applications [149] can be
obtained. Or also, immobilisation of electrochemical probes for electrochemical sensing
[147].
Here we present two examples of surface-functionalisation using electrografted layers
of diazonium salts. In the first one, the thiolated electro-ative molecule employed in
section 4.6 is immobilised on a maleimide terminated silicon electrode. In the second
example, another electrochemical probe, namely ferrocene [139], is immobilised on
an azide modified silicon surface through copper-catalysed azide-alkyne cycloaddition
(CuAAC) click reaction.
5.4.1 Immobilisation of thiolated molecules
Reactions between thiols and maleimides have long been recognised as very efficient
reactions [150]. The maleimide group reacts specifically with sulfhydryl groups (thiols)
when the pH of the reaction solution is between pH 6.5 and 7.5. The reaction results
in a stable thioester linkage between the two molecules that is irreversible. Given
their reliability, efficiency, and selectivity, thiol-maleimide reactions have been widely
employed for bioconjugation for several decades [151].
Here we immobilise the redox-active methylene blue (MB) probe labelled with a thiol-
linker (chemical structure shown in figure 4.27) on a maleimide modified silicon sensor
surface (figure 5.11).
Firstly, maleimide groups were electrgrafted onto the silicon substrate following the
method described in section 5.3.2. Once modified, as illustrated in figure 5.11, A),
the maleimide modified substrate displays no electrochemical activity (figure 5.11, C)).
Subsequently, the malaimide modified surface is incubated with the MB probe at a
concentration of 0.75 mM in ultrapure (MiliQ) water. After 60 min of incubation,
the substrate is rinsed thoroughly leading to a surface functionalised with the MB
probe (figure 5.11, B)) and electrochemical activity is observed using 100 mM PB pH
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Figure 5.11: Immobilisation of the redox-active MB probe labelled with a thiol-linker on
a maleimide modified silicon substrate. A) and C) illustrate the surface modification, while
the cyclic voltammograms in B) and D) show the electrochemical response of the maleimide
and MB modified surface, respectively. Cyclic voltammetry was performed at 50 mV/s using
a 100 mM potassium phosphate (PB) pH 7 electrolyte.
7 as electrolyte (figure 5.11, D)). An oxidation peak is observed at a voltage value of
0.35 V indicating the oxidation of the MB probe. We note the reduction peak is less
prominent due to the large background current. From the area under the oxidation
peak we calculate a surface density 2.56x1012 molecules/cm2, which is similar to that
reported on gold electrodes [137].
5.4.2 Functionalisation through Copper-Catalyzed Azide-Alkyne Huisgen
Cycloaddition (CuAAC)
Similarly to the maleimide-modified surface, azide-modified surfaces can be function-
alised with molecules containing alkyne groups through the high yield CuAAC click
Study and application of electrografted layers of diazonium ions 129
reaction, and vice versa [152]. This CuAAC click reaction is used widely for the con-
jugation of molecular entities, and proceeds over a broad temperature range and is
insensitive to aqueous conditions in a pH range between 4 and 12 [152]. Here, we used
this click reaction to immobilise an alkyne modified version of the redox active probe
Ferrocene [139] (C10H10Fe, Sigma Aldrich) to a azide modified Si surface.
To trigger the CuAAC process, copper ions in the +1 oxidation state are needed. These
ions are most conveniently supplied by a mixture of a Cu2+ salt and a solution based
reducing agent, such that Cu2+ ions are reduced to Cu1+. Alternatively, the generation
of these ions may be performed by in situ electroreduction of Cu2+ to Cu1+ [153]. Here,
we generate Cu1+ ions using sodium ascorbate as the reducing agent.
Initially, the surface was azide modified by electrochemical reduction of in situ gener-
ated 4-azidodiazonium cations following the procedure described in 5.3.3. Once mod-
ified, 217 µL of 115 mM aqueous CuSO4, 200 µL of 1 M ascorbic acid dissolved in
ultrapure (MiliQ) water, 333 µL of 15 mM ethynylferrocene in ethanol, 1.25 mL of
400 mM of potassium hexafluorophosphate (KPF6) in water and 3 mL of ethanol were
combined to generate the necessary reaction solution. This was flowed over the azide
modified silicon surface (figure 5.12, A) and B)) and left overnight (in the dark) to
enable development of the azide-alkyne Huisgen cycloaddition. Following this, the sur-
face was thoroughly rinsed with water and ethanol to wash unreacted molecules from
the surface. The electrochemical measurements were performed in 100 mM KPF6 to
characterise the functionalised surface as shown in figure 5.12, C).
Measurements shown in figure 5.12, C), display a reductive peak at a potential of
-0.48 V, which corresponds to the reduction of the immobilised ferrocene molecule.
The oxidation peak cannot be observed as the background current is higher than that
induced by the oxidation of the molecule.
5.5 Site-selective functionalisation of optical biosensors
With the emergence of personalised medicine, accurate and specific detection of biolog-
ically and clinically relevant biomarkers in their native conformation will be required
[154]. Such detection needs to be performed in parallel, which demands complex arrays
of photonic sensors. To satisfy this need, high spatial resolution functionalisation is
needed to accurately functionalise highly dense arrays of sensors.
In the literature, different selective functionalisation techniques have been described
including microchannels for sample delivery [59, 60, 66, 68, 155], using site-specific
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Figure 5.12: Immobilisation of Ferrocene on an azide modified silicon substrate. A) and B)
illustrate the CuAAC process at the surface of the substrate before and after cycloaddition,
respectively. C) shows the electrochemical response of the ferrocene functionalised silicon
substrate.
antibody immobilisation strategies [156], inkjet printing [157] and lithography methods
[158]. Nevertheless, such functionalisation techniques do not allow the development of
highly dense photonic arrays due to their limited spatial resolution, which is on the
order of hundreds of micrometers.
As electrografting is underpinned by electron tunneling [159], the reaction is highly
spatially localised and occurs only at the electrode. This enables surface modification
with high spatial resolution. For example, a resolution of 15 nm has been demonstrated
using this approach [6]. It is thus possible to exploit electrografting of diazonium ions
for site-selective control the surface chemistry suitable to the selective functionalisation
of high density arrays of photonic sensors. Examples of selectively controlled electrore-
duction on silicon surfaces can be found in [160, 161], where locally doped areas have
been used for such selective control.
Here, we have developed a proof-of-concept multiplexed photonic sensor array, with
which we have been able to selectively control (temporally and spatially) the immobil-
isation of receptor molecules on each of our sensors within a highly compact array at a
submicron scale. This array is composed of two identical microring resonators (section
5.5.1), each of which is functionalised with a different ‘probe’ molecule, here two single
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stranded DNA molecules of different sequences. We subsequently demonstrate multi-
plexed detection of the complementary DNA sequences (section 5.5.2). In this case, due
to setup limitations (one single optical line) the measurements have been performed
sequentially, but performing them in parallel is possible with the appropriate two-line
setup.
5.5.1 Sensor microarray fabrication
The microarray is made of two identical optical ring resonators separated by a distance
of 250 µm (figure 5.13, A)) and fabricated using the process described in sections 4.2,
4.3 and 4.4. To achieve the desired selective addressability, both sensors have to be
electrically isolated. We achieve this isolation by etching a trench in the silicon layer
between the two sensors, thereby electrically isolating the two ring cavities (figure
5.13, B) and C)). Two contacts pads were then placed at the edges of each section to
electrically address each ring resonator individually.
To obtain the trench, the positive photoresist S1818 (Shipley) was spin coated at 4000
rpm and baked at 100◦C for 2 minutes to obtain a 300 nm thick layer. Using a
photomask, the resist is exposed with ultraviolet (UV) light for 4 minutes. Once
exposed, the resist is developed for 40 seconds in MF-319 (Rohm and Haas Electronic
Materials LLC). Thereafter, the patterned sample is dry etched for 2 minutes with
RIE using the same conditions detailed in section 4.4. Finally, the remaining resist is
removed by immersion in acetone, rinsed in IPA and a PDMS microchannel is then
bonded onto the sample following the method described in 3.2.5.
5.5.2 Selectively functionalised photonic DNA microarray
In molecular biology, gene expression profiling is used to create an overview of cellular
function, aimed at, for example, evaluating whether cells are responding to a partic-
ular treatment or not. This process involves thousands of genes being simultaneously
monitored to study the effects of certain treatments or diseases. This procedure is per-
formed by microarray-based devices, in which a collection of microscopic DNA spots
(spot size typically around 50-100 µm) is attached to a solid surface [162].
A number of photonic-based approaches to fabricate such DNA microarrays can be
found in the literature [59, 158, 163]. To date, however, no feasible approaches have
been presented that are able to match the high density of electronic DNA microarrays
[162].
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Figure 5.13: Sensor microarray fabrication. A) The sensor array is made of two identical
optical ring resonators. B) Two contact pads are placed at the edges of the sample to
electrically address each ring resonator individually. A trench is etched between both sensors
thus they are electrically isolated. C) Optical microscope image of the final sensor array after
a PDMS microchannel is bound.
Here, we demonstrate how our technology can provide a route for gene expression
profiling using photonic sensors by demonstrating site specific DNA-bioconjugation at
the micro-scale in a two ring resonator array.
Site-selectively functionalisation of an optical ring resonator array
Firstly, one sensor was modified with 4-ethynylaniline by electrografting following the method
presented in section 5.3.1. Then, the microfluidic channel was rinsed with ethanol to wash
unreacted 4-ethynylaniline molecules. The diazonium salt of 4-azidoaniline was subsequently
electrografted on the second sensor to provide an azide modification to this surface (using
the method shown in section 5.3.3). At this point, the surface of each individually address-
able electro-photonic sensor was functionalised with a different ‘probe’ to provide orthogonal
chemical functionality as depicted in figure 5.14.
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Figure 5.14: Selectively functionalised optical ring resonator array. Each individually
addressable electro-photonic sensors was functionalised with a different ‘probe’ to provide
orthogonal chemical functionality.
Label Sequence Notes
ssDNAazide 5’-ACACGCATACACCCAT(3AzideN)-3’ Azide modified DNA
cDNAazide 5’-ATGGGTGTATGCGTGT-3’
Reverse complement of
the azide modified DNA
ssDNAalkyne 5’-GTCATTTCTCTAAGTA(octadiynyl)-3’ Alkyne modified DNA
cDNAalkyne 5’-TACTTAGAGAAATGAC-3’
Reverse complement of
the alkyne modified DNA
Table 5.1: DNA oligonucleotides sequences used for the demonstration of the photonic
DNA microarray.
DNA oligonucleotides design
Our photonic DNA microarray was designed to detect specific hybridisation of two different
single-stranded DNA (ssDNA) oligonucleotides. The complementary sequences were immo-
bilised selectively on the two ring resonators by the inclusion of alkyne or azide modification,
as discussed in the following section.
The sequence with the azide modification and its reverse complement were randomly gener-
ated and then checked for secondary structure and unwanted interactions using the NUPACK
software suite [164]. Similarly, the ssDNA strand with the alkyne modification and its reverse
complement were designed to have no secondary structure and to be orthogonal to both the
azide-modified strand and its reverse complement. These four ssDNA oligos are shown in
table 5.1.
The melting temperature for the azide duplex is around 70 ◦C, and 55 ◦C for the alkyne
duplex (calculated using NUPACK considering the buffer 1xTris EDTA (1xTE) with
1 M NaCl). The strands were acquired from Integrated DNA Technologies (IDT).
Immobilisation of alkyne/azide modified DNA oligonucleotides
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The two patterned regions within the array, with either an alkyne or azide modification, can
link to azide or alkyne molecules, respectively, through the CuAAC reaction as described
in section 5.4.2. In this case, we followed a protocol adapted from [165] which links azide
molecules dissolved in solution to alkyne modified surfaces and vice versa. As described in
section 5.4.2, sodium ascorbate was used as reducing agent to reduce Cu2+ ions to Cu1+.
However, in this case, to stabilise the copper ions in the +1 oxidation state and to accelerate
the CuAAC reaction, the ligand THPTA (tris(3-hydroxypro pyltriazolylmethyl)amine, Sigma
Aldrich) is included in the mixture. 100 mM PB buffer (pH 7) is used through the whole
process.
Initially, copper (II) sulfate (CuSO4, Sigma Aldrich) was dissolved in ultrapure (MiliQ) water
at a concentration of 20 mM. 250 µL were then added to a 500 µL solution of the ligand
THPTA at 50 mM. The mixture was then added to either 2 µM alkyne or azide modified
DNA in PB buffer (pH 7). Finally, 150 µL of sodium ascorbate at 1 mM concentration (in
ultrapure water) was added to the solution.
The solution containing the alkyne-group DNA, ssDNAalkyne, was injected through the mi-
crofluidic channel at a rate of 20 µL/min (the rate was maintained constant throughout the
measurements). ssDNAalkyne can only react with the ring functionalised with azide groups
as shown in figures 5.15, A) and B). The conjugation of ssDNAalkyne to the modified azide
surface was monitored optically and in real-time as shown by the red trace in figure 5.15, A).
Once the wavelength shift reaches saturation (0.25 nm shift after 60 min), the system was
re-aligned to the second ring resonator and PB buffer (pH7) was injected to remove unreacted
ssDNAalkyne.
Secondly, the azide-group DNA, ssDNAazide, was injected reacting just with the alkyne modi-
fied microring sensor as illustrated by blue trace in figure 5.15, A). Again, after approximately
60 min, saturation in optical wavelength shift was reached, this being 0.29 nm (figure 5.15,
C)). The saturation in wavelength shift indicates that the CuAAC reaction has proceeded
to completion for both ssDNA azide and ssDNA alkyne, while the magnitude of the shift in
wavelength is comparable for both resonators, indicating a similar density of the two DNA
monolayers. No binding is observed between ssDNAazide and the surface when using an un-
modified microring, as illustrated by the green trace. This proves again site selectivity of the
surface chemistry.
Multiplexed photonic sensing of DNA hybridisation
Finally, multiplexed photonic sensing was demonstrated by adding single-strand DNA com-
plementary to ssDNAazide to the two photonic electrode device. For this step, we exchanged
the buffer solution PB (pH7) with 1xTE 1M NaCl. The inclusion of salt screens the negative
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Figure 5.15: Selective immobilisation of alkyne/azide modified DNA oligonucleotides. A)
Individual sensors are functionalised with modified DNA sequences using the CuAAC reac-
tion, showing selective binding to the microrings functionalised with the pertinent chemical
moiety. When no surface modification is present, no DNA immobilisation is observed as
illustrated by the green trace. B) Firstly the azide modified sensor is functionalised with
the ssDNAalkyne sequence. C) Secondly the alkyne modified sensor with the ssDNAazide
sequence.
charge of the DNA in order to reduce electrostatic repulsion between DNA in the solution
phase and the surface-immobilised DNA.
After injecting the complementary DNA strand to ssDNAazide (at 400 nM concentration),
namely cDNAazide, a corresponding shift in resonance of 0.09 nm is observed only on the
microrring functionalised with ssDNAazide (blue trace in figure 5.16, A)) attributable to the
formation of a double-strand DNA complex (figure 5.16, B)). The lack of resonance shift
on the other microring derivatised with ssDNAalkyne not only highlights the high spatial
selectivity of the electrografting process but also confirms the multiplexed capability of the
sensor. Similarly, upon exposure to 400 nM cDNAalkyne, we observed a shift of 0.05 nm on
the optical ring functionalised with ssDNAalkyne (figure 5.16, A) and C)). No hybridisation
Study and application of electrografted layers of diazonium ions 136
is observed when challenging the sensor to non-complementary DNA, as illustrated by the
green trace in figure 5.16, A).
C)B)
A)
Figure 5.16: Multiplexed photonic sensing of DNA hybridisation. A) The selectivity of the
functionalisation process is confirmed by exposing the sensor array to DNA of the reverse
complement of ssDNAazide and ssDNAalkyne. We note that no hybridisation is observed
when challenging the sensor to non-complementary DNA, as illustrated by the green trace.
B) and C) Injection of the reverse complements of ssDNAazide and ssDNAalkyne, labelled as
cDNAazide and cDNAalkyne,respectively.
To understand the higher optical shift observed following hybridisation of cDNAazide, it
is instructive to consider the differences in the sequences of cDNAazide and cDNAalkyne.
cDNAazide contains a higher GC content than cDNAalkyne and is thus expected to exhibit
a higher free energy of hybridisation upon binding to its complementary, surface-attached
strand. From NUPACK, we calculate that the free energy of the cDNAazide complex is -
24.2 kcal/mol compared to cDNAalkyne where the free energy is only -20.4 kcal/mol. The
binding affinity of cDNAazide will thus be higher and we would expect a larger proportion
of double stranded complexes compared to cDNAalkyne. From 5.15, A), we also estimate
that the optical shift for probe DNA immobilised on the alkyne functionalised sensor is 15%
higher than on the azide functionalised sensor. It is well known that hybridisation efficiency
is dependent on the molecular density of the immobilised layer [166]. It should also be noted
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that the bioassay for the immobilisation of ssDNAazide and ssDNAalkyne (figure 5.15) was
optimised to obtain a densely packed layer of DNA probes, and not for the detection of their
complementary sequences. Therefore, the difference in the absolute shift levels between the
traces represented in figures 5.15 (≈ 0.29 nm) and 5.16 (≈ 0.09 nm) can be originated from
steric hindrance at the sensor surface.
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5.5.3 Control experiments for selective DNA hybridization
Control experiments to analyse the surface modification chemistry were performed us-
ing quartz crystal microbalance with dissipation monitoring (QCM-D) (Q-Sense E4).
Gold electrodes were chosen because they were compatible with all the reactions in-
volved. An electrochemical module (QEM 401) was fitted to the instrument in order to
study and optimise the electroreduction chemistry. A constant flow rate of 20 µmL/min
was kept throughout the measurements.
Firstly, the QCM-D gold sensor was modified using diazotisation and electrografting of
4-azidoaniline (figure 5.17). ssDNAalkyne (1 µM in PB (pH 7)) was then injected and
immobilised to the surface through azide-alkyne Huisgen cycloaddition (same mixture
as in section 5.5.2), indicated by the resonance shift of 10 Hz 45 min from injection.
Thereafter, the sensor was rinsed with PB (pH 7) and the buffer was exchanged to 1xTE
1 M NaCl to decrease electrostatic repulsion as discussed previously in section 5.5.2.
cDNAazide was injected (400 nM), and no change in mass or dissipation was observed
following injection. This indicated no hybridisation with the strand fixed to the surface
(ssDNAalkyne) and cDNAazide. In contrast, hybridisation is observed when flowing the
complementary cDNAalkyne (400 nM) through the sensor, hence demonstrating selective
DNA sensing.
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Figure 5.17: Azide modified surface control experiment for selective DNA hybridisa-
tion. The QCM-D gold sensor was modified with ssDNAalkyne, showing no hybridisation
with cDNAazide. In contrast, hybridisation is observed when flowing the complementary
cDNAalkyne.
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Additionally, a control experiment was performed to examine if deterioration of the
chemical activity of the surface alkyne after exposure to the chemicals required for
electroreduction of azidoaniline was produced (figure 5.18). In this case, the QCM-
D gold sensor was modified by diazotization and electrografting of 4-ethynylbenzene
diazonium. The modified surface was next exposed to the solution required for azide
modification, as required during bi-functionalisation of the photonic array. ssDNAazide
(1 µM in PB (pH 7)) was then injected and immobilised to the surface through azide-
alkyne Huisgen cycloaddition (same mixture as in section 5.5.2). The increase in mass
is consistent with the assembly of a ssDNAazide layer and suggests no deterioration of
the chemical activity of the alkyne surface after exposure to the chemicals required for
electroreduction of 4-azidoaniline. At this stage the sensor was rinsed with PB (pH 7)
and the buffer was exchanged to 1xTE 1 M NaCl. No change in mass or dissipation was
observed following injection of non-complementary cDNAalkyne (400 nM concentration
in 1xTE 1M NaCl), indicating no hybridisation with the strand fixed to the surface.
In contrast, hybridisation is observed when flowing the complementary cDNAazide (400
nM in 1xTE 1M NaCl) through the sensor, hence demonstrating selective DNA sensing.
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Figure 5.18: Alkyne modified surface control experiment for selective DNA hybridisation.
The QCM-D gold sensor was modified with ssDNAazide after the surface had been exposed to
the solution required for azide modification. No hybridisation with cDNAalkyne was observed,
while hybridisation was observed when flowing the complementary cDNAazide, suggesting no
deterioration of the chemical activity of the alkyne surface after exposure to the chemicals
required for electroreduction of 4-azidoaniline.
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5.6 Summary
We have demonstrated how our technology can not only be applied to the study of elec-
trochemical reactions, but is also capable of multiplexed detection at the microscale,
and possibly even on sub-micrometer scales. The electrografting of diazonium ions of
4-ethynylbenzene diazonium, n-(4-aminophenyl)maleimide and 4-azidoaniline has been
studied, which provide either alkyne, maleimide or azide modification of the surface,
respectively. We have been able to provide insight into the structure of these layers,
calculating the surface density of molecules for each of them and discerning between
highly packed monolayers and multilayer assemblies. Examples of the high versatility
of functionalisation with electrografted layers of diazonium ions have also been demon-
strated, here being the immobilisation of the electrochemical probes methylene blue
and ferrocene through thiol-maleimide reaction and Copper-Catalyzed Azide-Alkyne
Huisgen Cycloaddition click reaction, respectively. Finally, we demonstrated how elec-
trografting of diazonium ions can pave a route for the development of high density
arrays of photonic biosensors. We have created a two electro-photonic ring resonator
device capable of multiplexed detection through site-selective modification of the sur-
face chemistry, enabling site specific detection of DNA-bioconjugation.
Chapter 6
Tailoring light-matter interaction
for quantification of biological and
molecular layers
The silicon electro-photonic platform was introduced in chapter 4, while its capabili-
ties for monitoring electrochemical reactions in situ and site-selective functionalisation
were presented in chapter 5. By tailoring the light-matter interaction, it is also possible
to create a sensor with the potential to enable detailed quantification of biological and
molecular layers. Here I present such a novel photonic sensor that consists of multiple
ring resonators with different distributions of the optical field that enables a measure-
ment of both thickness and refractive index of an immobilised layer. Such a technology
uniquely enables measurement of conformational changes of bound molecules. As proof-
of-concept, the sensor is applied to the study of exemplar immobilised layers and the
conformational change of a hairpin-shape DNA strand.
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6.1 Introduction
In optical biosensors, the interaction between light (optical field) and matter (biolog-
ical molecules) leads to changes in at least one property of the sensor. For instance,
in optical ring resonator sensors, the overlap of the optical field with surface-bound
molecules modifies the resonance wavelength of the cavity [131]. Similarly, in sen-
sors based on surface plasmon resonance (SPR) [11], adsorbed molecules change the
resonance conditions of the surface plasmon waves.
In SPR, the light-matter interaction is fixed, being a direct result of the nature of
the sensing principle. In contrast, sensors based on photonic ring resonators can be
engineered to control the light-matter interaction. For example, by controlling the
geometry of the sensor or the light polarisation, the distribution of the optical field
can be tailored to provide a particular optical profile and penetration depth. While
the focus here is on ring resonators, such control can be achieved in a wide range of
photonic transducers such as PhCs [154] or Mach-Zehnder interferometers [42].
Here, I present a sensor technology which consists of two cascaded ring resonators
whereby the geometry of each ring is controlled and optimised so the tail of each
optical field in the solution-phase has a different distribution. One ring is engineered
to exhibit a short penetration depth and thus increased sensitivity to changes in the
refractive index local to the interface between the waveguide and the solution. While
the second resonator is designed with a large tail to penetrate further into the solution.
By combining the optical response of the two resonators, it is possible to provide
quantitative information about the thickness and refractive index (and hence density)
of a surface layer. In the following section, I explain how this combination of sensors
can be exploited to provide insight into the structure of immobilised molecules.
6.2 Geometry control on silicon electro-photonic biosensors:
the cascaded ring resonator configuration
Most evanescent field based sensors, including SPR, only measure the interaction of
a single energy distribution of an optical mode with a biological or molecular layer.
Such a sensor can only provide information about bound mass or the concentration
in a solution. As a result, they only provide information on the combined change
of the refractive index and thickness of the layer, without being able to distinguish
between these two effects. The sensor is thus largely insensitive to changes in shape
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or conformation of bound biomolecules. A disentanglement of these parameters would
yield critical information on the conformation of biomolecules [167], or on the structure
of a biological or molecular layer. This additional information could be obtained using
a sensor that can accurately measure both the thickness (t) and the refractive index
(n) of a biolayer, simultaneously.
An example of a commercial label-free biosensor that can accurately distinguish be-
tween n and t layer is the dual polarisation interferometer (DPI) (Farfield Scientific
Ltd.) [168] (the sales of this instrument were discontinued in 2012). DPI is an
interferometer-based sensor in which two orthogonally polarised modes interact with
the molecules. Molecular binding will impact differently on the effective refractive in-
dex of each of the modes due to their different profiles. This provides two equations
for the two unknowns, t and n. A unique solution for t and n can thus be calculated
from the intersection of these two equations. Such a dual-polaristion approach has also
been implemented in a silicon ring resonator sensor [169], showing similar performance
to DPI.
These two examples require the transducer to be excited with two optical modes simul-
taneously. Such an approach is however not trivial or even possible in some structures.
For example, in [169], an asymmetrical directional coupler is required to excite both
TE and TM polarisations simultaneously in the ring cavity. Here, we present a simpler
approach to this challenge, which employs a single TE mode to excite two independent
ring resonators with a different waveguide width. The different geometry of the two
resonators changes the distribution of the optical field in the solution-phase. The reso-
nance wavelengths of each ring will thus shift differently when biomolecules interact at
the sensor surface to provide the required two-equation system. A sketch of the cross
section of the waveguides of these two rings is shown in figure 6.1.
6.2.1 Cascaded ring design and fabrication
As discussed in section 2.3.2.4, the resonance wavelength of the TE mode in a microring
cavity is determined by equation 2.11. The mode senses the biolayer at the surface
by means of the evanescent tail that penetrates into the solution-side of the interface
waveguide/solution. Changes at the surface of the ring resonator result in a change in
neff , detected by a shift in the resonance wavelength, as:
∆λresonance(t, n) =
λresonance ·∆neff (t, n)
ng
(6.1)
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Figure 6.1: Cross section profile of the proposed dual ring resonator scheme. By modifying
the profile of the optical field in the solution-phase, each ring will respond differently to
changes at the interface, hence providing the required two-equation system for monitoring t
and n of overlayers.
Here ∆neff (n, t) is the change in effective refractive index of the optical mode due
to changes in the cavity environment, while λresonance and ng account for the reso-
nance wavelength and the group index, respectively. Figure 6.2 shows the simulated
sensitivity of the ring resonator as a function of the waveguide width to a change in
layer thickness (
∂λresonance
∂t
), with t the thickness of the biolayer. The sensitivity is
expressed in nm/nm, and the simulation was performed using COMSOL Multiphysics
using a molecular layer with a refractive index of 1.45 RIU [170]. The thickness of the
waveguide was fixed at 220 nm and the resonance wavelength was 1550 nm. It shows
how waveguides that have different width have different sensitivity to changes in the
thickness of the layer.
The ideal cascaded ring sensor consists of sensors in which the optical mode profile has
maximum difference to increase the orthogonality of the two-equation system. Such
a large difference can be achieved using resonators with a large difference in width.
However, there are two main limitations to consider. Firstly, guidance of second order
modes needs to be avoided as they decrease the Q-factor of the cavity. This condition is
satisfied for a width of the cavity waveguide smaller than 586 nm [41]. For ring widths
bigger than 360 nm, the propagation loss decreases, again leading to a reduction in
Q-factor of the cavity [61]. These considerations lead to a choice of waveguide width
between 475-580 nm. Figure 6.3 shows a simulation (using COMSOL Multiphysics) of
the energy distribution of the two waveguides of 480 and 580 nm width (considering
water as cladding and at the resonance wavelength of 1550 nm).
The penetration depth is defined as the distance over which the energy density of the
modes decreases by a factor 1/e in the solution-phase, which amounts to approximately
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Figure 6.2: Sensitivity of the ring resonator with respect to changes in layer thickness. The
simulated sensitivity of the ring resonator as a function of the waveguide width to a change
in layer thickness is shown, simulated using COMSOL Multiphysics.
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Figure 6.3: Energy distribution of the optical mode for waveguides of 480 nm and 580 nm.
The evanescence tail extends 80 nm into the cladding for the 480 nm width waveguide, while
it extends 49 nm for the 600 nm width waveguide.
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80 and 49 nm for 480 and 580 nm waveguide widths, respectively. Therefore, after
validation from simulations, we chose the waveguide widths of 480 and 580 nm for our
sensors.
We designed the sensors with a cavity length of approximately 200 µm and 210 µm,
respectively for the narrow (480 nm) and the wide (580 nm) sensor. Different cavity
lengths were employed to avoid overlap between coinciding resonances. The device was
fabricated with the same rib waveguide profile and following the procedure detailed in
4.4. The final fabricated device is shown in figure 6.4.
a)
b) c)
Figure 6.4: Cascaded ring configuration. A) SEM micrograph of two ring resonators
placed next to each other exhibiting a different optical mode profile due to the waveguide
width difference. B) Close-up SEM image of the narrow sensor (480 nm). C) Close-up SEM
image of the wide sensor (580 nm).
The wavelength range of the optical spectrum between 1546 nm and 1555 nm measured
at the output waveguide is shown in figure 6.5, which clearly displays the resonance
dips of both cavities.
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Figure 6.5: Transmission spectrum of the cascaded ring configuration (air cladding). Q-
factors of 50,000 and 40,000 were obtained for the cavities, exhibiting FSR of 2.42 nm and
2.69 nm, respectively for the 480 and 580 nm waveguide width sensors.
Due to the difference in cavity length, and in agreement with equation 2.14, the two
rings exhibit different FSR and resonance wavelength. The measured FSRs are 2.42
nm and 2.69 nm for the narrow and wide sensors, respectively. The coupling section
between the access waveguide and the ring cavity was also optimised for high Q-factors
in both cavities, leading to gap lengths of 230 nm and 180 nm, respectively for the
narrow and wide sensor. The obtained Q-factors with air cladding of the cavities were
approximately 50,000 and 40,000 (480 nm and 580 nm waveguide width resonators,
respectively).
As in section 4.4, the bulk sensitivity of each device was calculated empirically by
tracking the resonance wavelength of the device when challenged with a range of NaCl
solutions of different molar concentrations. Again, the refractive index of each solution
was calculated as detailed in section 4.4. The result of this experiment is shown in
figure 6.6, displaying a clear linear relationship between resonance shift and solution
concentration for each sensor. The gradients of the lines were 65 nm/RIU and 43
nm/RIU. The minimum resolvable optical shift for each ring was calculated to be 0.75
pm and 1.05 pm for the 480 and 580 nm waveguide, respectively (as described in 4.4).
These minimum resolvable optical shifts, together with the sensitivity of the sensor,
lead to LODs of 1.15x10−5 RIU and 2.45x10−5 RIU (in good agreement with similar
ring resonators [61, 62, 131]).
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Figure 6.6: Resonance wavelength shift against changes in the bulk refractive index of
the cascaded ring configuration. Sensitivities of 65 nm/RIU and 43 nm/RIU are obtained
(equivalent to LODs of 1.15x10−5 RIU) and 2.45x10−5 RIU.
6.3 Extraction of thickness and refractive index
A two-equation system linking the wavelength shift for each sensor (∆λ480nm and
∆λ580nm, for the narrow and wide ring, respectively) is required to extract t and n
of the immobilised layer, a:
∆λ480nm = f(t, n) (6.2)
∆λ580nm = g(t, n) (6.3)
Here, f(t, n) and g(t, n) are nonlinear functions relating the interaction of the optical
field with the overlayer. In order to determine the functions f(t, n) and g(t, n), a
set of electromagnetic simulations using COMSOL Multiphysics where performed to
calculate ∆λ480nm and ∆λ580nm as a function of t and n. These were subsequently
fitted to the analytical model reported in [169], which describes the optical wavelength
shift as a function of t and n of an overlayer on the resonator waveguide. This pseudo
2D analytical model was obtained by using standard waveguide theory to solve the
perturbation of the refractive index profile due to the overlayer. t and n relate to the
thickness and refractive index of the overlayer, and nb is the refractive index of the
buffer solution. The wavelength shift ∆λ(t, n) can then be described as follows:
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∆λ(t, n) = B
(n− nb)nfp(t, n)
1 + n2fp(t, n) + n2bfb(t, n))
(6.4)
fp(t, n) = At,p[1− exp(−2δpt)] + As,p[1− exp(−2δpt)] (6.5)
fb(t, n) = At,b[exp(−2δbt)] + As,b[exp(−2δbt)] (6.6)
δp = k(neff − n)−1/2 (6.7)
δb = k(neff − nb)−1/2 (6.8)
The functions fp and fb are the contributions from the overlayer and the buffer, re-
spectively. Each of these has a contribution from the top surface of the waveguide,
indexed with t, and a contribution from the sidewalls, indexed with s. The normalised
amplitudes at the interface between buffer and overlayer At,b and As,b are determined
by At,p and As,p using boundary conditions, such that there are four parameters to fit
per waveguide geometry: neff , At,p, As,p and B. To obtain these parameters, the wave-
length shift of both waveguide geometries is simulated for t = 0–20 nm and ∆n=0–0.2
RIU (difference between n and nb) for a rib etched waveguide as depicted on figure
6.7, A). These simulated shifts can then be fitted to the analytical model using a
least-square metric with physical constraints on the parameters (figure 6.7, B)). A co-
efficient of determination R2 of 0.9992 is obtained, confirming the validity of this model
for our structure. Here I assumed a layer of homogeneous refractive index and constant
thickness.
Once the four parameters of the model have been retrieved for each waveguide width,
it is possible to solve the measured wavelength shifts ∆λ480nm and ∆λ580nm through the
obtained functions f(t, n) and g(t, n) to t and n. By setting f(t, n) equal to ∆λ480nm
and g(t, n) to ∆λ580nm, two implicit functions in t and n are obtained. Figure 6.8 shows
a plot of these functions for a layer with thickness of 3.5 nm and refractive index of
1.485 RIU. The intersection point of both curves corresponds to the solution of the
experiment uniquely solved for the overlayer properties, given the measured ∆λ480nm
and ∆λ580nm shifts.
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Figure 6.7: Modelling of wavelength shifts originated from overlayers on the ring sensors.
A) Cross section profile of the ring waveguide as used for simulations. B) Simulations of the
wavelength shifts for both waveguide geometries in function of the thickness of the overlayer
(refractive indexes of 1.45 RIU for the overlayer and 1.32 RIU for the buffer).
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Figure 6.8: Solving protocol by plotting f(t, n) = ∆λ480nm and g(t, n) = ∆λ580nm. The
intersection point of both curves corresponds to the solution of the experiment.
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The noise of this configuration have been quantified as three times the standard de-
viation on a linear curve through calibration measurements (similarly as performed in
4.4). Experimentally, the noise equals 0.43 nm for the 480 nm waveguide width sensor
and 0.38 nm for the 580 nm waveguide. I note that these noise levels are in good
agreement with the noise determined in [169], where a similar ring sensor is used. The
maximum error in determining t and n is calculated based on Gaussian wavelength
noise with 0.43 nm standard deviation for both sensors. This results in an error of 0.05
nm for the thickness estimation and in 0.005 RIU for the refractive index calculation.
These errors are determined for an overlayer with n = 1.45 RIU and t = 2 nm.
6.4 Cascaded rings for characterising biological and molecular
monolayers
In this section we report three experimental proof-of-concept experiments using the
cascading ring configuration to measure the refractive index and thickness of three
different molecular layers. Firstly, the adsorption of Bovine Serum Albumin (BSA)
protein on the silicon surface was monitored. Secondly, a layer of MPTS (section 2.5.2),
which has been extensively employed in this thesis to provide a thiol modification to
the silicon surface. Thirdly, a layer of bioreceptors, known as Affimers (sub-variant of
peptide aptamers [135]) selective against the protein IgG2a.
To accurately extract t and n from ∆λ480nm and ∆λ580nm via the simulations performed
in section 6.3, the exact geometry of the waveguide needs to be known. The dimensions
of the device was thus characterised by AFM (BioScope Resolve 2, Bruker). Geometries
of 482 x 202 nm and 578 x 205 nm were respectively obtained for the width and
height of each resonator. The refractive index of the buffer (nb) employed in the first
experiment was obtained from [169], it being 1.3163 RIU; while for the second and
third experiments, being 1.3505 RIU for ethanol and 1.319 RIU for Phosphate Buffer
Saline (PBS, pH 7.4), were obtained from [170].
6.4.1 Control experiment: adsorption of BSA on a silicon surface
A control experiment was performed in order to validate the thickness and refractive
index estimation process described insection 6.3. In this experiment, the adsorption
of BSA protein on a silicon surface was monitored. BSA is a widely used blocking
agent in immunoassays to prevent non-specific binding and adsorption to the sensor
surface [171]. This protein changes its conformation depending on the local chemical
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environment, for example it undergoes changes in structure and shape with changing
pH [172]. Examples that monitor this conformational change can be found in the
literature on a silicon nitride surface with the DPI [173] and on a silicon surface via
the orthogonally polarised TE and TM modes in a ring resonator [169].
The experiment consists of dissolving the BSA protein in a phosphate buffer solution
and streaming this solution over the sensor. It is thought that the protein will assemble
in a thin yet dense layer at pH 3 due to electrostatic attraction between proteins and
substrate, as the proteins are positively charged and the surface is negatively charged
[169].
The pH 3 phosphate buffer solution was prepared at a concentration of 2 mM, to
which BSA proteins were added until a concentration of 0.1 mg/mL was obtained.
Firstly, phosphate buffer pH 3 was used and flowed over the sensor (at a rate of 30
µL/min) until a stable resonance wavelength was obtained for each sensor (figure 6.9,
A)). Subsequently, BSA in phosphate buffer pH 3 was flowed over the sensor (at 30
µL/min) for 60 min and the left incubating for 30 min.
Figure 6.9 shows the results obtained for the adsorption of BSA at pH 3. In figure
6.9, A), at minute 24, the resonance wavelength of each sensor begins to shift as BSA
proteins are adsorbed on the silicon surface. The estimation of both thickness and
refractive index is thereafter performed as shown in figures 6.9, B) and C), respectively.
In this case, we obtained a layer thickness of 1.26 nm +/- 0.05 nm and a refractive index
of 1.43 +/- 0.005 RIU, which are both in good agrement with the values estimated with
a dual polarisation ring resonator (thickness of 1.4 nm and refractive index of 1.433
RIU) [169]. The fact that we obtained similar values to those reported in [169] using
the same silicon surface confirms our thickness and refractive index estimation process.
However, I note the low yield of this experiment as discussed in [174]. Furthermore, it
should be noted that phosphate buffers provide effective buffering in the pH range of
6.4 to 7.4 [175], thus its buffering capacity is highly diminished at the pHs used in this
experiment. Therefore the bioassay for this experiment should be optimised to obtain
higher yield, which is beyond the scope and goal of this thesis.
6.4.2 Characterisation of a MPTS SAM
As discussed in section 2.5, SAMs are a critical component of surface based biosensors
due to their ability to modify and control the chemistry and properties of planar sur-
faces, as they form a well-ordered and stable thin film. In this section we show how our
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Figure 6.9: Monitoring of the adsorption of BSA on a silicon surface. A) The resonance
wavelength of both 480 and 580 nm width ring sensors was continuously monitored while
BSA molecules are adsorbed on the sensor surface at pH 3. B) and C) show the estimations
of both thickness and refractive index of the layer, respectively.
cascaded ring configuration can provide insight into the layer assembly of the MPTS
SAM discussed in section 2.5.2, demonstrating the application of this technique for
fundamental studies such as SAM formation.
The formation of a MPTS layer on the silicon waveguide of our device was monitored
by continuous tracking of the resonance wavelength of both the 480 and 580 nm width
ring sensors (figure 6.10, A)). 10 mL of ethanol containing 400 µL of MPTS (section
2.5.2) was flowed through the PDMS channel. Once the solution completely filled the
microfluidic channel, the flow was stopped and the reaction was incubated while the
resonances of both cavities were tracked continuously.
As shown in 6.10, A), formation of the layer was observed until approximately 400 min
from the injection time (∆λ480nm = 1.28 nm and ∆λ580nm = 1.05 nm), after which
the shift in resonance frequency saturates. This matches with the slow reorganisation
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Figure 6.10: Monitoring of a MPTS layer formation. A) The resonance wavelength of
both 480 and 580 nm width ring sensors was continuously monitored. B) and C) show the
estimations of both thickness and refractive index of the layer, respectively.
process (on the order of hours) required for SAMs to maximise the density of molecules
and minimise the defects in the SAM [83]. The thickness of the assembled monolayer
is found to be of 4.32 +/- 0.05 nm as shown in figure 6.10, B). This is higher than
those obtained with monolayer of SAMs (typically between 1–3 nm [83]), and indicates
that a multilayer structure is being assembled on the surface rather than a well-ordered
monolayer. The information obtained from the refractive index calculation (figure 6.10,
C)) also supports this argument, as here a value of 1.431 +/- 0.005 RIU is obtained
which is far from those values typically reported for SAMs (nSAM ≈ 1.55 RIU [83]).
This difference in the refractive index value is indicator of a non-homogeneous and
low-density layer.
I note that the noise displayed throughout all the traces in figure 6.10 is due to the
low output signal power obtained from the sample used in this experiment due to a
sub-optimal angled facet leading to high coupling losses.
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6.4.3 Characterisation of an Affimers biolayer
Affimers (Avacta Life Sciences Ltd.) are robust and stable antibody mimetics that
are ideally suited as selective bioreceptors in biosensors [176]. Here we quantify a
layer of these bioreceptors sensitive to the protein IgG2a. This particular Affimer is
engineered with a cysteine at the C-terminus so it can be covalently bonded to a thiol
reactive surface, for example maleimide or gold surfaces. Here, we employed the silane
chemistry detailed in 4.6 to render the surface thiol reactive and to immobilise the
IgG2a Affimer.
The silicon surface was firstly thiol modified by forming a MPTS layer (section 2.5.2), as
performed in the previous section 6.4.2. Secondly, a solution of Cu2+ ions was injected
to be able to further functionalise the surface with cysteine modified molecules, as
explained in section 2.5.2. The surface was then washed with PBS (pH 7.4) until
unreacted Cu2+ ions were removed and a stable resonance wavelength was obtained
for both sensors. Finally, a solution of IgG2a Affimer reagents at a concentration of 10
µg/mL was injected at 20 µL/min while both resonance wavelengths were continuously
monitored (figure 6.11, A)).
As shown in figure 6.11, A), the Affimer immobilisation process started after approxi-
mately 20 min from the beginning of the experiment. Saturation (with ∆λ480nm = 1.12
nm and ∆λ580nm = 0.79 nm) was obtained after 120 min indicating no further changes
at the device surface, associated with the formation of a dense layer of Affimers. The
thickness of this layer was quantified as depicted in figure 6.11, B) (where the contri-
bution of the MPTS layer and the Cu ions was previously substracted), obtaining a
value of 3.5 +/- 0.05 nm. This value is in agreement with those values reported in the
literature [22]. The potential for creating dense layers of bioreceptors is also certified
by the calculated refractive index (figure 6.11, C)), which is 1.445 +/- 0.005 RIU. This
value is close to the average refractive index of a dry protein layer such as antibodies
(nantibody ≈ 1.45 RIU) [83]).
Insight into both the layer formation and kinetics of the process can be obtained from
the thickness and refractive index estimations (figures 6.11, B), and 6.11, C), respec-
tively), which helps understading the surface assembly of these bioreceptors. Par-
ticularly in this case, I observe three different sub-processes. Firstly, approximately
between 30 and 40 min from the beginning of the experiment, a thickness value of 3.45
nm is obtained which corresponds to a refractive index of 1.385 RIU. This relatively
low refractive index value is indicative of a low density layer, while in contrast the
thickness value is similar to the obtained for a dense layer (as it is at the end of the
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Figure 6.11: Monitoring of an Affimers layer formation. A) The resonance wavelength of
both 480 and 580 nm width ring sensors was continuously monitored while Affimers bind to
the sensor surface. B) and C) show the estimations of both thickness and refractive index of
the layer, respectively.
experiment). Initially, the surface of the sensor is not covered by molecules so that
cysteine modified Affimers can easily bind to the Cu1+ ions on the surface, without un-
dergoing hydrophobic or electrostatic interactions with adjacent molecules due to the
low density of the layer at this stage. In this way, the molecules are placed upright due
to their rigidity [176]. Subsequently, between 40 and 74 min from the beginning of the
experiment, the thickness of the layer is reduced to 2.3 nm while the refractive index
increases to 1.456 RIU. During these instants the refractive index of the layer increases
(4n = 0.071 RIU) as the increment in molecular layer density, hence decreasing the
distance between immobilised molecules. This decrement in distance favours hydropho-
bic and electrostatic interactions between adjacent Affimers molecules [177], therefore
the molecules restructure to minimise these interactions and change their orientation
(i.e. they are not placed upright). This restructuring results in a decrease of the layer
thickness by 1.15 nm. Finally, after 75 min from the beginning of the experiment, the
thickness of the layer is gradually increased again to 3.5 nm and the refractive index
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again decreases to 1.445 RIU. At this point, the density of the layer is further increased
until the surface is densely covered with Affimer molecules (due to the strong affinity
between the Cu1+ ions and the cysteine group, which predominates over hydrophobic
and electrostatic interactions). Because of the higher molecular layer density, the Af-
fimer layer restructures once more thus the thickness of the layer increases to 3.5 nm
as the molecules are again placed upright.
6.5 Dual-mode analysis of electroactive hairpin shaped DNA
strands conformational changes
In section 6.4 we have presented the ability of tailoring light-matter interaction to char-
acterise the thicknesses and densities (refractive index) of biolayers. Yet, its potential
to simultaneously interrogate in the electrochemical domain in combination with es-
timation of thicknesses and densities has not been presented. Here we introduce the
capability of analysing complex conformational changes of electroactive molecules as is
the case of electroactive hairpin shaped DNA strands.
6.5.1 Hairpin shaped DNA strands
Hairpin DNA oligonucleotides are DNA strands where two regions of the strand itself
undergo base-pair linkage to form a double helix leading to an unpaired loop [178].
These structures are a key building block of many RNA secondary structures and also
in the development of DNA computation [179] and DNA machines [180, 181]. They also
paved the way for precise sequence-specific detection of DNA through electrochemical
interrogation by including an electrochemical probe at the of the sequence [182].
As illustrated in figure 6.12, A), the structure of DNA harpin strands consists of a
loop, a double helix region and, in some occasions, a toehold. The toehold can act
as a binding domain that, upon exposure to a complementary invading strand (figure
6.12, B)), may trigger a displacement process which will alter the conformation of the
hairpin (figure 6.12, C)) [178]. This process receives the name of toehold-mediated
strand displacement, and is often used to drive synthetic nanomachines made from
DNA [180, 181].
As mentioned previously, harpin DNA oligonucleotides can be modified with an elec-
trochemical probe, allowing electrochemical interrogation by electron tunneling from
an electrode into the electrochemical probe. This detection strategy, firstly reported
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Figure 6.12: Hairpin shaped DNA strands. A) Structure of a hairpin shaped DNA strand.
B) and C) Upon exposure to a complementary invading strand, a displacement process will
alter the conformation of the hairpin.
in 2003 [182], involves the immobilisation of electroactive hairpin DNA structures that
self-assemble onto an electrode (figure 6.13, A)). Upon exposure to a complementary
invading strand, immobilised hairpin DNA strands experience toehold-mediated strand
displacement to induce a large conformational change in the immobilised strand (figure
6.13, B)). This conformational change will modify the distance of the electrochemical
probe to the electrode, hence changing the electron-transfer efficiency.
A) B)
e-Electrode
e-
Electrochemical
probe
Figure 6.13: Electrochemical detection of conformational changes in hairpin DNA. A)
Electroactive hairpin DNA structures self-assemble onto an electrode. B) Upon exposure
to a complementary strand, a large conformational change modifies the electron-transfer
efficiency.
6.5.2 Dual-mode interrogation
In this section, we particularly focus on investigating, via parallel dual-mode optical
and electrochemical interrogation, toehold-mediated strand displacement of a surface-
immobilised electroactive DNA hairpin shaped.
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The immobilised electroactive hairpin DNA oligo (iba GmbH), MB-DNA, was modified
at the 3’- end with the electrochemical probe methylene blue (MB) to allow for elec-
trochemical interrogation. This electroactive end is situated at the end of the toehold,
thus upon toehold-mediated displacement, the induced change in electron-transfer ef-
ficiency will be most noticeable. The 5’- end of the MB-DNA strand is thiol modified,
enabling binding to the silicon surface of our sensor via silane chemistry (section 4.6).
The invading strand (OpenFull) was designed to be complementary to the toe-hold
and double helix region and thus completely opens the loop of the MB-DNA through
toehold-mediated displacement. The sequences of both oligos are shown in table 6.1,
and were obtained from [183].
Label Sequence
MB-DNA
5’-CTTCTCTATCTTGATGTGAATGAACTGAAC
GACGAGCCATCAAGATAGAGAAGGACGAGC-3’
OpenFull 5’-GCTCGTCCTTCTCTATCTTGATG-3’
Table 6.1: Designed DNA oligos sequences for investigating toehold-mediated strand dis-
placement of electroactive hairpin DNA.
The structure of the MB-DNA strand was analysed using NUPACK [164] to validate
its conformation before and after exposure to the strand OpenFull. In figure 6.14,
A), the result of the simulation of the MB-DNA oligo structure is shown exhibiting
the toehold, the double helix section and the loop. Upon simulated exposure to the
invading strand OpenFull, a toehold-mediated conformational change of the MB-DNA
is observed in figure 6.14, B). Neither the toehold nor the loop are observed due to the
toehold-mediate displacement. The 3’- end, where the MB molecule is linked, has been
distanced from its original location, as required for electrochemical interrogation.
As in section 6.4.3, the silicon surface was firstly thiol-modified by forming a MPTS
layer. Secondly, a solution of Cu2+ ions was injected to be able to further functionalise
the surface with the thiol modified MB-DNA strand. The surface was then washed
with PB (pH 7) to remove unreacted Cu2+ and a stable resonance wavelength was
obtained for both sensors (figure 6.15, Step 0). Thereafter, a solution of the MB-DNA
(in PB (pH 7)) at a concentration of 1µM was injected at 20 µL/min for 50 min
to immobilise onto the sensor surface (figure 6.15, Step 1) until a stable wavelength
shift was achieved (indicating saturation of molecules on the surface). Finally, 1µM
of the invading strand, OpenFull, was flowed for 50 min to allow toehold-mediated
displacement and opening of the immobilised hairpin (figure 6.15, Step 2). Here again
the invading strand was allowed to flow until a stable wavelength shift was achieved.
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Figure 6.14: NUPACK analysis of the MB-DNA strand before and after exposure to the
strand OpenFull. A) Before exposure to the strand OpenFull, the MB-DNA oligo structure
exhibits a toehold, a double helix section and a loop. B) Upon exposure to the invading
strand OpenFull, a displacement of the 3’- end is observed. Neither the toehold nor the loop
are further observed.
For simplicity, the absolute wavelength shift at the end of each step are shown for this
experiment (figure 6.15).
In figure 6.15, at the end of Step 1, wavelength shifts of ∆λ480nm = 0.28 nm and
∆λ580nm = 0.20 nm are obtained. After resolving the two-system equation relative to
this data (accounting for the presence of a combined MPTS and Cu molecules layer),
these shifts result in a layer of thickness equal to 1.97 +/- 0.05 nm and a refractive
index of 1.427 +/- 0.005 RIU.
The thickness of the layer may also be used to provide insight into the orientation of
the immobilised strands. However, it must be noted that a number of factors have
to be considered for the following calculations. Firstly, I have assumed that the den-
sity of the underlying MPTS and Cu+1 ions layer is constant throughout the silicon
surface. However, as discussed in section 6.4.2, the structure of the layer is likely
to be non-uniform due to the multilayer structure. Secondly, given its relatively low
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Figure 6.15: Optical monitoring response analysis of a toehold-mediated conformational
change of the MB-DNA. Step 0) the surface is functionalised with Cu+1 ions to enable linkage
to thiol group. Step 1) The MB-DNA strand is immobilised on the sensors. Step 2) Toehold-
mediated displacement triggered by the strand OpenFull results in a conformational change
of the MB-DNA strand. Error bars have not been included in this figure as they are smaller
than the represented data points.
layer density, MB-DNA molecules are not highly packed, thus the lack of electrostatic
and hydrophobic interactions results in an inconsistent orientation between MB-DNA
molecules.
The hairpin strand MB-DNA, shown in figure 6.14, A), compromises a 16 base pair
(bp) double helix section and a loop 21 bp long. Given the finite length of a base pair,
which equals 0.34 nm [184], the length of the strand double helix section of MB-DNA
can be approximated to 5.44 nm (figure 6.16). Assuming that the single stranded loop
section is polymorphically oriented [185], I assume a persistence length of 0 nm for the
single stranded region in the following calculations [186]. Therefore, considering the
thickness of the layer and the length of the molecule, the angle at which the molecules
are oriented respect to the silicon surface is calculated to be αstep1 = 21.2
◦.
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Figure 6.16: Conformation analysis of the MB-DNA strand before toehold-mediated dis-
placement. Before the toehold-mediated displacement, the MB-DNA oligos are oriented at
αstep1 = 21.2
◦ with the surface.
Via electrochemical interrogation, the (bio)chemical activity of the layer can be assessed
before and after the toehold-mediated displacement. In this case, through the method
detailed in section 4.6, the density of molecules can be directly and unambiguously
measured. Figure 6.17 shows the two voltamogramms (at 50 mV/s scanrate, with PB
as buffer) related to both Step 1 and Step 2 of the displacement process.
After Step 1 (figure 6.17, B)), a single reduction peak can be observed at a voltage of
-0.5 V, relating to the reduction of the immobilised MB molecule. At this point, the
density of molecules at the surface, nmoleculesStep1, equals to 1.1x10
11 molecules /cm2
(calculated from the data shown in figure 6.17, B)). This value is in agreement with the
previous assumption of a relatively low surface density employed for the calculations
summarised in figure 6.16.
However, after the toehold-mediated displacement (Step 2 in figure 6.17, C)), a com-
bined reduction peak originated from two reduction processes at two different voltages
(approximately -0.6 and -0.475 V) is observed. This combination of peaks indicates
that not all the immobilised MB-DNA strands have undergone toehold-mediated dis-
placement, therefore undisplaced MB-DNA strands are being reduced at -0.475 V while
displaced MB-DNA strand are being reduced at -0.6 V. Here we present again how the
combination of the optical and electrical domains results in a powerful tool to obtain
deeper insight into complex (bio)molecular processes. The density of molecules at the
surface after Step 2, nmoleculesStep2, equals to 8.9x10
10 molecules/cm2, which signifies
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Figure 6.17: Electrochemical interrogation of the MB-DNA strand before and after toehold-
mediated displacement. A) After Step 1 (before the toehold-mediated displacement), a single
reduction peak can be observed at a voltage of -0.5 V. B) After Step 2 (after the toehold-
mediated displacement), a reduction peak resulting from the combination of the reduction
processes is observed at -0.55 V.
that immobilised MB-DNA strands after Step 1 have not been released from the surface.
I note that the small difference between nmoleculesStep1 and nmoleculesStep2 is due to the
accuracy of the fitting tool when substracting the background current. At this stage, it
is also possible to calculate the fraction of the MB-DNA molecules that have undergone
toehold-mediated displacement by calculating the number of molecules in each of the
reduction peaks shown in figure 6.17, C). After fitting two independent gaussians to
each reduction process and integrating the area under each curve, we estimate that a
fraction of 74.2% of the immobilised MB-DNA strands have been displaced.
Finally, there is a reduction in the amplitude of the reduction peak following the
opening of the immobilised MB-DNA hairpin. This reduction in current amplitude,
coupled with the shift in reduction voltage (4V= -0.05 V), indicates that the tunneling
efficiency between the substrate and the MB probe has decreased. MB is extremely
sensitive to variations in its close environment (such as variations in the pH level), and
therefore conformational changes in the molecule it is linked to will have an impact
on its tunneling efficiency (see [137] for details about the use of MB as redox-active
indicator for probing molecular interactions). In this case, the alteration in the MB
environment was originated from a change in the layer structure after exposure to the
strand OpenFull (end of Step 2). However, the electrochemical information obtained
to this extend does not provide clear evidence of the new structure of the layer.
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Considering the optical data shown in figure 6.15, it is possible to obtain insight into
the new structure of the MB-DNA layer at this stage of the experiment, which will com-
plement the information provided by the electrochemical domain. From the obtained
optical shifts, ∆λ480nm = 0.46 nm and ∆λ580nm = 0.32 nm, the effect in the MB-DNA
layer structure originated after exposure to the strand OpenFull can be identified.
These optical shifts result in a layer thickness of 2.21 +/- 0.05 nm and a refractive
index of 1.443 +/- 0.005 RIU, which are indicative of changes in both thickness and
layer density. The increment in the layer thickness (4t = 0.24 nm) suggests that the
change in the tunnelling efficiency of the MB-probe was due to a change in position of
the MB probe in respect to the electrode/sensor surface. Alternatively, the variation
in the refractive index of the layer (4n = 0.016 RIU) also denotes a change in the layer
structure. As mentioned before, the density of the layer has not increased as the number
of reduced MB molecules does not significantly vary (nmoleculesStep1 ≈ nmoleculesStep2).
We consequently deduce that after Step 2, the increment in the refractive index is due
to the change in the structure of the MB-DNA and not to a change in layer density.
From the simulations show in figure 6.14, B), it is appreciated that the structure of
the MB-DNA after exposure to the strand OpenFull compromises a 22 bp double he-
lix section (rather than the original 16 bp double helix section), therefore there is an
increment in the number of double stranded DNA sections on the surface, hence the
increase in the refractive index.
6.6 Comparison to similar approaches
In section 6.2, two similar approaches for accurately measuring t and n of immobilised
layers using optical technology were presented. DPI, the first of these two, was proven
to be useful in the study of both the impact of small biomolecules on the structure of
DNA [187] and the research of protein conformational changes [188]. This technique
claims a resolution of 0.1 nm in the context of protein measurements [173] and a
maximum estimated error of 0.003 RIU on refractive index and 0.025 pm on thickness
for measuring dielectric layers of 8 nm height with the enhanced multiple path length
DPI [189]. However, this technique does not allow the implementation of a highly
multiplexed sensor platform (due to its large footprint) and has limited throughput.
In fact, the sales of this instrument were discontinued in 2012.
Silicon photonics approaches, however, have the potential to miniaturise and further
integrate dual polarisation sensing while allowing control on the sensor’s geometry.
They allow highly multiplexed sensing while exhibiting comparable performance to
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DPI [169]. The approach based on orthogonally polarised TE and TM modes in a ring
resonator presents maximum error of 0.02 nm on thickness estimation and a maximum
error on refractive index of 0.00062 RIU for measuring protein conformational changes.
Our approach however, present a maximum error of 0.05 nm for the thickness estima-
tion and a maximum error on refractive index of 0.005 RIU. The reason for this loss of
accuracy is twofold. Firstly, the fact that two independents sensor are used for the t
and n estimations implies that the noise of each sensor is convoluted with the error of
the other sensor. And also, differences between overlayers immobilised on each of the
sensors will provide wrong estimations. Secondly, the difference in sensitivity (nm/nm,
figure 6.2) between both mode profiles is not as large as the difference in sensitivity
between the TE and TM modes [169]. Nevertheless, it should be stated that the actual
resolution obtained with our approach fullfils the resolution and error requirements for
most of the conformational analysis reported in the literature using either DPI or or-
thogonally polarised TE and TM modes in a ring resonator [168, 169, 173, 188]. Finally,
this approach allows for simultaneously interrogating the electrochemical properties of
the bound layer of molecules, which, to our best knowledge, has not been performed
before.
6.7 Conclusions
The ability of our platform for tailoring the light-matter interaction is described and
used to quantify the refractive index and thickness of immobilised biolayers. We pro-
posed a cascaded dual ring resonators approach in which the distribution of the optical
field is different for each of them, hence behaving differently when biolayers are im-
mobilised on them. We used this difference in behaviour of the rings to formulate
a two-equation system which can be uniquely resolved for an specific thickness and
refractive index. Biolayers of MPTS and Affimers have been characterised, while the
ability to measure complex structural conformational changes in electroactive hairpin
shaped DNA strands has been demonstrated combining electrochemical and optical
information. Silicon electro-photonic sensors thus offer a highly multiplexed platform
to study complex biomolecular interactions in more depth than is possible with single-
mode sensors.

Chapter 7
Conclusions and outlook
This chapter provides a coherent summary of the research presented in this thesis. In
addition, the prospects and further applications of the sensor developed in this thesis
are discussed.
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7.1 Summary and conclusions
Several single-domain techniques already exist which provide accurate, fast and reliable
analysis of chemical events at the surface of a sensor (chapter 2). Nevertheless, tech-
niques that monitor such chemical or biological events in two measurement domains
(such as EC-SPR, E-QCM-D and EC-OWLS) are becoming increasingly popular within
the scientific community as they provide further insight into the underlying molecular
and biomolecular processes. Here, I have demonstrated a technology that integrates
silicon photonics with electrochemistry into a single, innovative technology (chapter
4). The novelty of this technology is that it provides additional functionality that until
now been inaccessible to silicon photonics (chapters 5 and 6).
To allow the integration of electrochemical and photonic sensing techniques on the same
platform, an approach whereby the properties of an optical substrate (here SOI) have
been controlled such that electron transfer is possible. By doping the silicon substrate,
it is possible to tune its conductivity sufficiently to enable its use as an electrochemi-
cal electrode. A conflict exits in this approach as the electrical and optical properties
of the silicon substrate are related. For example, a highly doped substrate optimised
for high electrical conductivity has a negative impact on the optical properties. This
issue is attributed to the doping process which increases the number of impurities in
the crystalline silicon layer, in turn increasing the free carrier loss [116, 117]. This
increase impacts directly on the performance of a resonant cavity. A solution based
on the control of the spatial distribution of dopants in the silicon device layer is pre-
sented. Following this solution, a highly doped film (ND =1x10
18−20cm−3) is obtained
in the top 10 nm of the silicon layer, sufficient to support electron transfer to/from a
solution-phase analyte. From an optical viewpoint, this minimises the interaction of
the mode with the doped region. The overall optical loss is thus minimised. The final
device, based on a photonic microring resonator presents an average doping density
of ND =7.5x10
16cm−3 and a Q-factor of the order of 50,000. An assessment of the
correlation between the doping and the Q-factor was also provided, which models our
system extremely well. The sensitivity of the device, measured to be 65.1 nm/RIU,
leads to a LOD 1.15x10−5, comparable to ring resonator sensors fabricated in industrial
foundries and published in the literature. The electro-photonic sensor discussed here
presents similar sensitivity levels to E-SPR and E-QCM-D systems [61]. A proof-of-
concept experiment was carried out to monitor and quantify, from both electrochemical
and optical domains, the immobilisation of a layer of redox active molecules (here a
MB-SAM) on the surface of our sensor. We calculated a molecular layer density of
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2.2x1012cm2 which compares well with the surface density of the same MB-SAM as-
sembled on gold. This precise quantitative information about the monolayer is not
possible with photonic detection alone unless ambiguous assumptions are made. We
note, in the current proof-of-concept device, continuous application of high voltage
values (above 2 V) induce an optical shift that will interfere with the optical measure-
ment signal. Furthermore, the approach is limited to the study of surface-immobilised
(bio)molecules.
Our dual-mode sensor not only combines electrochemical characterisation with pho-
tonic sensing, but also enables electrochemical processes for selective modification of
the silicon surface to regulate the local surface chemistry (chapter 5). We showed
how electrografting of diazonium ions provides well-ordered and homogeneous mono-
layers of controlled structure for functionalising the surface of our sensor. Three differ-
ent electrografted layers of in situ generated diazonium ions were studied, namely 4-
ethynylbenzene diazonium, n-(4-aminophenyl)maleimide and 4-azidoaniline. We showed
how the combination of photonics and electrochemistry provides additional insight into
these reactions, as we were able to distinguish between monolayer and multilayer as-
semblies. Monolayers of electrografted diazoniums of 4-ethynylbenzene diazonium and
n-(4-aminophenyl)maleimide were studied, providing alkyne and maleimide biomod-
ifications to the surface, respectively, with molecular layer densities of 3.7x1013 and
6.2x1013 molecules/cm2, respectively. In contrast, the electrografting of 4-azidoaniline
resulted in a multilayer structure. Functionalisation of electrografted layers of diazo-
nium ions was demonstrated for the n-(4-aminophenyl)maleimide and 4-azidoaniline
diazonium, using the thiol-maleimide and the CuAAC click reaction, respectively. Due
to the fact that electrografting is underpinned by electron tunnelling, the reaction is
highly spatially localised and occurs only at the electrode. This can be exploited to
enable surface modification with high spatial resolution. This reaction was used to
develop a proof-of-concept multiplexed photonic sensor array composed of two iden-
tical ring resonators, with which we have been able to selectively control (temporally
and spatially) the immobilisation of receptor molecules on each of our sensors at a
micron scale. The sensors were selectively functionalised via electroreduction of the
diazonium ions 4-ethynylbenzene and 4-azidoaniline, and through the CuAAC click
reaction, two single stranded DNA molecules of different sequences were selectively im-
mobilised in each of the sensors. Subsequently we demonstrated multiplexed detection
of DNA-bioconjugation.
Most evanescent wave optical sensors are sensitive to the combined change in the
refractive index and thickness of a biolayer. It is thus not possible to distinguish be-
tween these two effects. The platform presented here allows tailoring and optimisation
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of the light-matter interaction, something that cannot be done using other combined
electrochemical-optical sensors such as EC-SPR sensors. We used this capability for the
development of a new configuration of photonic ring resonator sensors that enables the
quantification of both thickness and refractive index of a biolayer of molecules (chapter
6). In this configuration, two cascaded ring resonators with waveguide widths of 480
and 580 nm, respectively, respond differently to the same biolayer due to differences
in the optical field distribution. The effect of changes in either the refractive index or
the thickness of a biolayer on a ring resonator is modelled for the two different waveg-
uide profiles. Since each waveguide profile will provide a different response to a given
biolayer, it is possible to disentangle the refractive index and thickness of an overlayer
via a two-equation system, and therefore yield information on the molecular structure
of biolayers. The assembly of a MPTS SAM was characterised resulting in a thickness
of 4.32 +/- 0.05 nm and a refractive index of 1.431 +/- 0.01 RIU, which indicates that
a multilayer structure has been built. A monolayer of affimer bioreceptors was also
characterised, obtaining a layer thickness of 3.5 +/- 0.05 nm and a refractive index of
1.465 +/- 0.01 RIU, indicative of a dense monolayer assembly. Due to its accuracy
and capability for parallel bi-domain interrogation, our device has also the prospect of
being able to provide insight into complex conformational changes. We proved how our
technology is well positioned for the study of conformational changes in hairpin shape
DNA strands. The effect of toehold-mediated displacement in an electroactive hairpin
shape DNA strand was investigated, revealing the change in thickness of the strand
before and after displacement.
7.2 Outlook
Finally, I believe that while this thesis introduces a novel diagnostic technology for
label-free sensing, and has presented examples that indicate its weaknesses and strengths,
further control of the sensor environment (e.g. temperature) needs to be incorporated
to increase stability and reproducibility within experiments. Provided that our tech-
nology is fabricated entirely using CMOS compatible materials and processes, it is
conveniently situated for the fabrication of low-cost point-of-care devices. I would also
consider different approaches for incorporating microfluidics to this platform to allow
to device to be recycled, to simplify use of the device and to enable the introduction
of clinical samples.
The ability to direct the immobilisation of different biomolecules onto individual sensors
within a silicon photonic array at an order of magnitude lower than other methods for
Conclusions and outlook 171
the fabrication of photonic arrays (e.g. microfluidic masking, ink-jet printing), can
underpin the fabrication of very high-density photonic sensor arrays. In this way one
can envisage a sensor with a total area of only a few square micrometers, yet with
multiple different sensing sites, such that multiplexed sensing of panels of biomarkers or
multimodal sensing inside eukaryotic cells becomes a realistic possibility. Furthermore,
each of the different sensing sites can be seen as a different electrode, which can be
used for further interrogating the electrochemical properties of the bound molecules
via impedance spectroscopy.
The ability to monitor electrochemical processes in situ with photonic sensing also
broadens the range of systems that are accessible for silicon photonics. For example,
for the first time, our technology will permit simultaneous measurements of enzyme
activity (via the electrochemical domain) in parallel with quantification of substrate
binding (photonic domain).
This technique could be also be implemented using a 1D photonic crystal resonant
grating as sensor, which would allow for spatially imaging the secretion of different
proteins from a living cell. Due to the high spatial and temporal resolution of this
sensor, specific localised biochemical events can be monitored in real-time. In this
manner, different areas within the grating (micrometers away from each other) could be
functionalised with a different bioreceptor, hence being selective to specifically secreted
proteins.
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